Ph.D. DISSERTATION

Investigation of image quality optimization methods for
Positron Emission Tomography in hybrid medical
imaging

Aron Krisztian Krizsan
Supervisor: Laszlo Balkay PhD

U
)

UNIVERSITY OF DEBRECEN
DOCTORAL SCHOOL OF MOLECULAR MEDICINE

Debrecen, 2016



1
2
3
4

8.

Contents Page

ADDIEVIALIONS ccueeeuneerneniriiseensnecseensnesssenssnesssenssnssssesssnssssessssssssessssssssssssassssesssssssassssassnns 4
INErOAUCEION cccueereeeneeninriinenienctenstecaensnecseessnesssesssessssesssnssssesssnssssssssassssessasssssssssasanns 5
Theoretical DACKGIrOUNd.........ueiivveiiivricisriissniissninssnnissssnessssnesssnesssssssssssossssssssssassases 10
4.1 Technical advancements of PET ........cuiiinniinnensennsensennsnensecsssecsessssesssncnne 10
4.2 PET performance PArameterS.......cceceeccsssrcssssecssssrcssssesssssssssssesssssssssssssssssssssesses 14
4.2.1 Spatial ReSOIULION ....c..eiiiiieiiieiieie et 14
4.2.2  SYStEM SENSILIVILY ..eeeuieiiieiieeiieriieeiteeiee et e st e et e siteebeesieeebeestaeenbeessseeseesaeeenne 16
4.2.3 Coincidence time WINAOW........cocueriiruieiiinienieiieniieieee sttt 17
4.2.4 Count rates and atteNUALION. ........cueevuierieeriierieeieeeieeieeere et e e eeee e e 18
4.2.5 Recovery Coefficient and Spill Over Ratio .........cccceeeiieviieiiiniiieiiecieeie 20
4.2.6 IMAZE CONIASE ....eeiiiieiiiieiiie ettt et ettt et et e e s e e sabee e b ee e 21
4.3 QUANItAIVE PET .. oouaeeeeeiiiiiiiinrrneeteteceecnsssssnnseseeccesssssonsasssssccssssssssasssssasssssssssnsassans 22
4.4 Signal to Noise Ratio (SNR) of PET/CT and PET/MRI .........ccccceceevvrersuercscnenenes 24
ALIS couviirneirnenssnecsnnssaeessncssseessnsssassssassssssssnssssssssassssesssssssassssasssssssassssassssassssessassssassssassnns 29
Materials and Methods ......cueeineenniecsinnseensennsnensnnssnnssecssseesnssssesssessssessssssssssssassns 30
6.1 Performance Comparison of the MiniPET-2 and MiniPET-3 preclinical PET
SYSTRINLS «eeeeurreernnessnressssnessssnessssnossssssssssasssssssssssesssssssssssesssssesssssesssssssssssesssssosssssessnssssssssoses 30
6.1.1  Scanner DESCIIPLION ....cc.vieviiiieeiieeieette et eieeete et e eteeieeete b e saeeseesaaeeseeennes 30
6.1.2 Position encoding and energy resolution evaluation ............ccccceeeveevvenieeneenen. 33
6.1.3 Coincidence Time Window OptimizZation ............ccceecveerieeriienieeneeeneeneeenneennes 33
6.1.4 Spatial Resolution Measurement .............c.eeceerieeriienieenieeniieieeseeesiee e enee e 34
6.1.5 Sensitivity MeasuremMeNt........c.cccveeiieriieriieriieeieeieesieeieeeteeieeseeeeseesaaeeseesenes 35
6.1.6 Image Quality Phantom Study ........cccccceeeiieiiiiiieieieeee e 35
6.1.7 Scatter Fraction and Count Rate Performances .............cccoeeveevieniiinienieenieennen. 36
6.1.8  Small Animal StUAIES ......oveeriiiiiiiiieiieee s 36
6.2 Human brain PET scanner simulation based on MiniPET concept.................. 36
6.2.1 The GATE simulation envVironment.............ccueecveerueenieerieenieenieeneeesieesreeseenenes 38
6.2.2 Definition of the scanner EOMEtrY..........ceevieriieriierieeiieeie et 38
6.2.3 Simulation of position maps and energy resolution............ccceceereeervenreenueennnn. 38
6.2.4 Simulation of the count rate capability and system sensitivity.............ccoceueenee.. 39
6.3 Whole body PET image SNR optimization using variable acquisition times... 39
6.3.1  PET/CT SYSEIM c..etieiiiiiiieiiieeiie ettt ettt ettt ettt ettt e e eseesnaeeneeennes 39
6.3.2  SNR SIMUIAtIONS....c..eiriiiiiiiiiiecieetee ettt 39
6.3.3 Acquisition Time Adjustment............ccceeevieriieniierieeie e 40
6.3.4 Phantom and Patient SCaNS ...........ccceevuieriieiieiiieieeeee e 41
RESUILS oueeerreeiiiininiieiteeiiicinninneisneesnecssnssssesssessssesssnssssssssesssssssssssssssssassssessassssassssassnns 43
7.1 Performance Comparison of the MiniPET-2 and MiniPET-3 preclinical PET
SYSTRINLS eeeeeuurreesnressnressssnessssnossssnossssssssssasssssesssssesssssesssssesssssesssssosssssssssssesssssossnssosssssossssssses 43
7.1.1 Position encoding and energy reSolution .............cceevveeriieniienienieeriieeie e 43
7.1.2  Coincidence Time WIndOW ........ccccooeiiiiriiniiriiiniiienieneeieeeeseee s 44
7.1.3 Spatial Resolution and SeNSItIVILY ........ccccveeriieriieriienieeiieeie e eee e 45
7.1.4 Image Quality, Scatter Fraction and Count Rates...........cccceecvervineniinceniennenne. 47
7.1.5 Small Animal Imaging ReSults ..........ccceeviieiiiiiiiiiiiiiieieeceeee e 49
7.2 Human brain PET scanner simulation based on MiniPET concepts................ 49
7.2.1 Position maps and energy reSOIULION .........cocueerveeriierieeriieniieieeeeeeiee e 49
7.2.2  System count rate and SENSILVILY ......cccveeriieriierieeriienieeiee e eiee e eiee e enee e 50
7.3 Whole body PET image SNR optimization using variable acquisition times... 52
7.3.1  SIMUIATIONS «..eiuiiiiieiiieiieieet ettt ettt st e 52
7.3.2 Phantom and Patient SCanS ...........ccceeruieriiiriienie e 54
DISCUSSION «ueeeruriesunnisnensnessuecsansssnncssecsssecsanssssssssessssssssesssassssassssessasssssssssassssssssasssassssassnns 58



0. SUNMIMATY ceccervuriessricssanicsssnessssnesssnesssssesssssesssssssssssssssssssssssssssssssssssssssssssasssssassssssssssassssss 02

10. ACKNOWICAZEMENLS ....uuuererueiersrrcssnricssnnecsssnessssnessssessssssssssssssssssssassssssssssssssssssssssasssssass 03
11, KeYWOIUS . ccicieeieicerinsnrissnnessnncssnsncssssncssssncsssssssssssssssssssssssssssssssssssssssssssasssssssssssscsss 04
11, ReEEIENCES ..cocuerreeieensricraensnncsnensnesssensnssssesssnssssesssnssssesssnssssesssssssssssssssssssssassssssssases 0
12, ONline referencCes .. ..eeiuieinensseecssenssencsenssnecssesssaccssesssesssessssssssessssssssasssassssassssessanss 13
13.  List of publications that serve as the basis of this dissertation............ceceeeuveeneeee. 74
14.  List of other publiCations .......cccceveiveicrvricssricssnnicssnnisssnncssssnessssesssnessssssssssssssssscsss 195
15.  List of further publications and abstracts.........cc.ceeicivrccsverccssencssnrcssnncssasscsess 70

16.  Prints of publications that serve as the basis of this dissertation........c....ccceeeueeee. 78



2. Abbreviations

APD: Avalanche Photodiodes

CT: Computer Tomography

CT-AC: CT Attenuation Correction

FBP: Filtered Backprojection

FMT: Fluorescence Molecular Tomography

FOV: Field Of View

FPGA: Field Programmable Gate Array

FRI: Fluorescence Reflectance Imaging

FWHM: Full Width at Half Maximum

LOR: Line Of Response

LSO: Lutetium Oxyortosilicate

LYSO: Lutetium-Yttirium Oxyortosilicate

M3I: MultiModal Medical Imaging

ML-EM: Maximum Likelihood Expectation Maximization
MRI: Magnetic Resonance Imaging

NEC: Noise Equivalent Count

NEMA: National Electrical Manufacturers Association
OI: Optical Imaging

OSEM: Ordered Subsets Expectation Maximization
PET: Positron Emission Tomography

PMT: Photomultiplier Tube

PSF: Point Spread Function

PVC: Partial Volume Correction

PVE: Partial Volume Effect

RC: Recovery Coefficient

saPET: Small Animal PET

SiPM: Silicon Photomultiplier

SNR: Signal to Noise Ratio

SOR: Spill Over Ratio

SPECT: Single Photon Emission Computer Tomography
SSRB: Single-Slice Rebinning

SD: Standard Deviation

TOF: Time Of Flight

UCLA: University of California at Los Angeles
US: Ultra Sound



3. Introduction

Positron Emission Tomography (PET) is a non-invasive functional imaging method
that has became widely used in the nuclear medicine field during the last three decades. PET
incorporates the unique characteristics of radionuclides decay with positron emission. Such
radionuclides are usually produced in a cyclotron and then used to label a medically
interested molecule for the purpose of tracing its metabolism processes. Therefore, these
labeled molecules are frequently called radiotracers. The labeled molecules (typically 10" —
10'*) are introduced into the body by intravenous injection and distributed according to the
same metabolism as the non-labeled compounds [1]. When a positron is ejected from a
radionuclide following B+ decay, it loses kinetic energy by inelastic interactions with atomic
electrons. Then a temporary particle called positronium is formed with a final electron. This
is followed by the annihilation process, while the mass of the positron and the electron is
converted into two 511 keV y-photons, which are emitted simultaneously at about 180
degrees with respect to each other [2]. When both y-photons are detected in the scintillation
crystal ring surrounding the patient within a short time interval (typically 5 — 10 ns), the
scanner registers a line-of-response (LOR) connecting the two signaling detectors. These
unique decay characteristics make it possible to reject those coincidence photon detections
that are occurring outside of this time limit; hence their origin was not the same positron
emission. From the useful signals the scanner makes corrections for many distortion effects
(Attenuation, Scattered- and Random coincidences) and then reconstructs the images using
mathematical iterative algorithms. The reconstructed images represent the distribution of the
radioactive labeled molecules in the body of the patient; and therefore, give information on

the metabolism of these compounds.

A B C

Figure 1. PET images with different radiotracers: (A) **F-FDG uptake in the normal brain showing glucose accumulation
in the gray matter [hitp1); (B)'SF—Fallypride uptake in the normal brain indicating dopamine D2 receptors in the striatum
[3]; (C) "'C-PiB of a healthy individual with low signal owing to little or no specific binding to amyloid-f [http2]. In case
of Alzheimer disease, pathological uptake could be seen with this radiotracer.



Based on the biological interest, a large variability of organic molecules is possible to be
labeled and therefore different biological metabolisms could be followed even in the same
patient. However, these measurements could not be performed simultaneously just in
separate scans, since the positron annihilation characteristics are closely alike for the
different radiotracers. As examples of these, representative normal brain PET images are
displayed in Figure 1. with different radiotracers including '*F-FDG, '*F-Fallypride and ''C-
PiB. These images reveal also the potential of the method to track a variety of metabolism
processes even in the healthy body. Furthermore, an important characteristic of PET is that
the method is quantitative. If the scanner is correctly calibrated and all necessary corrections
on the raw data are performed (Detector normalization, Attenuation-, Scatter- and Random
corrections), the image pixel or voxel' units (counts per second per pixel) could be
converted to activity concentration units (kBg/ml). This information is then used to detect
pathological uptakes and plan on the appropriate therapy. All of these characteristics
fostered the capabilities of PET to be one of the leading functional imaging techniques.
While both anatomical and functional imaging techniques had many developments in the

last two decades, the demand of using PET in hybrid imaging was rising.

Figure 2. PET/CT study of 44-y-old man (BMI=16) with recent diagnosis of lung cancer. The imges demonstrated multiple
bilateral pulmonary nodules, including medial right upper lobe nodule surrounding pulmonary vessels on the PET (4), and
capability of combining functional images of "*F-FDG to the accurate anatomical images of CT (B).

For the clinical applications, the concept of combining imaging techniques in a single hybrid
device promised many advantages since PET has outstanding sensitivity (~10"* mol/L),
while CT or MRI provides excellent spatial resolution (~0.5 mm). However, before the

arrival of the first PET/CT system in 2000, much skepticism existed about the clinical

TA pixel is the 2D plane image element and a voxel is similarly a 3D volume element of the image. Within a pixel or a
voxel the image intensity is uniform.



workflows and the too long scans, the high expense of PET/CT scanners. It was also
questionable, that two physicians would read the images as patient data result in two reports,
while the inclusion of CT could lead to unnecessary extra radiation and that CT attenuation
correction (CT-AC) would lead to significant artifacts. The realism after 15 years reveal that
the overall PET/CT costs are comparable than PET only, combined PET/CT scans can be
performed in about 15 — 25 minutes, many physicians are dual-boarded and usually write a
single report, clinics use standard low-dose CT protocols and optimized CT-AC is used
routinely. The introduction of PET/CT induced the use of PET to be expanded as well. In
approximately five years after the introduction of PET/CT, the PET only examinations
decreased with 40%, while the total number of PET scans increased with 90% for 5
university PET centers in Germany only [4]. As mentioned above, the use of PET/CT had

many effects on the clinical protocols as well in terms of scanning time since the CT derived

attenuation correction is much easier shorter than the conventional rotating source methods

[51.[6].

Figure 3. PET/MR image of patient with enteric melanoma metastasis (arrow): MR-based attenuation map (A4), T2-
weighted short-t inversion recovery sequence (B), "*F-FDG PET image (C), and PET overlaid on short-t inversion
recovery image (D). Data were acquired on a Biograph mMR system [7].

While the use of PET/CT has been already reached worldwide, the concept of
combining PET with MRI revealed greater challenges on both the engineering and clinical
sides. After more than ten years of development, focusing greatly on new PET photo-
detector technology and the hardware integration of a PET scanner into an MRI system,
PET/MRI has recently rapidly emerged from the first prototype systems into clinical
scanners [7]. Various integrated systems have recently been introduced to provide improved

clinical assessments of cancers in case of soft tissues that give better image contrast with



MRI imaging than with CT. PET/MRI may also reduce radiation exposure for patients,
especially for children and women of child-bearing age [8]. In addition to the many
developments focusing on the scanning protocols of the hybrid imaging systems (e.g.
PET/CT and PET/MRI) there is still room for optimization even on the acquisition time and
image quality. The inclusion of CT or MRI gave challenges but promising features as well
and the improvement of PET image quality in the last decade is remarkable.

For the comparison of the PET imaging devices an international standard is needed
including performance measurements (e.g. System Sensitivity, Scatter Fraction, True- and
Random Coincidence Rate, Noise Equivalent Count Rate) and imaging capabilities (e.g.
Spatial Resolution, Recovery Coefficients, Spill over Ratios, Image Uniformity, Signal to
Noise Ratio). For standardization purposes and to be able to compare nuclear medicine
imaging systems the National Electrical Manufacturers Association (NEMA)
recommendation became a gold standard worldwide in the last years (NEMA NU 1 for

SPECT cameras, NEMA NU 2 for PET cameras).

Figure 4. (4) Functional information at highest sensitivity is provided by PET images. (B) MRI provides superior
anatomic information with excellent soft-tissue contrast. (C) High-resolution animal CT also provides good anatomic

information but has poorer soft-tissue contrast and requires significant radiation dose [9].

Along with the developments of hybrid systems, in the last fifteen years many
dedicated PET scanner concepts were also arrived for human breast imaging called Positron
Emission Mammography (PEM) and for preclinical drug research called small animal PET
(saPET) or preclinical PET. The first commercially available full ring preclinical PET
camera, the Concorde microPET was designed and developed at the University of California
at Los Angeles. In those years the determination of imaging characteristics for preclinical

PET systems was possible only by a specific application of the NEMA standard of human
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PET systems. A strong demand was rising for a standardization of measurements that are
essential for preclinical PET cameras. The imaging capabilities and the reliability of these
scanners are important issues in the preclinical PET field and the main steps to gain this
information were finally introduced as the NEMA NU 4 guideline in 2008. This
recommendation includes a group of measurements that are used as a gold standard for

comparison of performance and imaging capabilities of preclinical PET scanners [10]-[14].

A new preclinical PET scanner, the MiniPET-3, was developed at our institutions
recently, based on the former gantry parameters of MiniPET-2 [14] with Lutetium-Yttirium
Oxyortosilicate (LYSO) crystal detectors. However, the conventional PMT photo-detectors
of MiniPET-2 were replaced with new SiPM technology (ST Microelectronics) in the
MiniPET-3. In addition, the readout boards have been slightly altered in terms of signal
encoding of SiPM and PMT, while the scintillation crystal geometry in the gantry remained
the same for both systems. Since the only significant difference between the two scanners is
the photo-detector technology, the systems provide us the possibility to compare the
imaging capabilities and system performance of the new MRI compatible SiPM photo-

sensors (on the MiniPET-3) and the conventional PMTs (on the MiniPET-2).



4. Theoretical background

4.1 Technical advancements of PET

Positron Emission Tomography (PET) is a molecular imaging technique that was
invented in the end of the 1970s. After some initial approaches of other scientists [17]-[23],
a research group from Washington University School of Medicine in St. Louis including
Michael E. Phelps, Edward J. Hoffman, Nizar A. Mullani, and Michel M. Ter-Pogossian
introduced the first full ring tomographic equipment using annihilation coincidence
detection from a positron emitter. They reported on the performance of the scanner and the
imaging of a living animal [24]. After many developments, PET became an important
clinical investigation method for oncology and brain studies during the following years. The
concept of Whole Body PET was first proposed by scientists of the University of California
at Los Angeles in the beginning of the 1990s [25] (Figure 5. Panel A). Whole Body PET
images are typically acquired as a series of image sets collected at discrete axial positions
that covers most or all of the body. These image sets are then reconstructed and assembled

into a 3-D image volume that can be viewed as transaxial, coronal, or sagittal images. PET

Table 1. Comparison of Medical Imaging Technologies [15], [16].

Imaging Modality Spatial Temporal Sensitivity Quantitative Target
Resolution Resolution (mol/L)
PET 1-2mm sec —min 10" =107 yes Physiological,
molecular
SPECT 0.3—-1mm min 10" -10""  yes Physiological,
molecular
Optical
Bioluminescence 3 -5 mm sec — min 10" -10""  no Molecular
FRI 2-3mm sec — min 107 -10" no Physiological,
molecular
FMT 1-3mm min 10°-10" yes Physiological,
molecular
MRI 10-250 um  min-hours  10° —10® yes Anatomical,
physiological,
molecular
CT 25-150 um  sec—min - relative Anatomical,
physiological
X-ray 25-150 um  sec - no Anatomical
Ultrasound 30-500 um  sec—min 10°-10" yes Anatomical,
physiological

FRI indicates fluorescence reflectance imaging; FMT, Fluorescence molecular tomography

10



has an inferior spatial resolution compared to CT or MRI in the range between 1 mm and 4
mm (FWHM: full width at half maximum) depending mainly on the detector ring diameter.
However, PET scanners have superior sensitivity compared to the these imaging techniques
or even to Single Photon Emission Computer Tomography (SPECT) in the range of 10" —
10" mol/L [15], [16]. A detailed comparison with SPECT, CT, MRI, X-ray, ultra sound
(US) and optical imaging (OI) including temporal resolution, medical target is displayed in

Table 2 [15].

-»
Filtered
backprojection

Figure 5. Some major advances in PET instrumentation and methods since the arrival of whole-body PET (4), 3D PET
(B), LSO and related scintillators (C), iterative reconstruction methods (D), PET/CT (E), and preclinical PET (F) [26].

In the last two decades, PET went through numerous developments, while image
quality was improved and patient scanning protocols were optimized. The conventional 2D
image acquisition protocol was changed to a fully 3D acquisition with the removal of septa
used between the detector rings (Figure 5. Panel B). This resulted in an increase of
sensitivity of about an order of magnitude [1], however the random- and scatter rates are
increased significantly as well. In terms of detector technology the former Bysmuth
Germanate (BGO) scintillation crystals were replaced with faster Luthetium Oxy-orto
Silicium (LSO) or Luthetium Yttirium Oxy-orto Silicium (LYSO) crystals in almost every
PET systems (Figure 5. Panel C). LSO and LYSO have an approximately triple times
greater light yield and seven times faster decay time compared to BGO. There have been
many improvements in the reconstruction methods of the raw data acquired during the PET
acquisitions (Figure 5. Panel D). The raw data of PET measurements was formerly binned
into an angle and offset representation of the LORs called sinogram. Today in many cases

the camera uses list-mode data acquisition and 3D LOR binning without the production of
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sinograms. The PET raw data was reconstructed using Filtered Back Projection (FBP) in the
past. However, for better image quality of the relatively few events in PET imaging (e.g.
compared to CT), iterative reconstruction algorithms were introduced such as the Maximum
Likelihood Expectation Maximization (ML-EM). The more faster method using subsets of
the list-mode raw data the Ordered Subsets Expectation Maximization (OSEM)
reconstruction was also introduced [27]. Reconstructions combining expectation
maximization and a-priori information were also investigated and tested [28]. We already
mentioned the developments of hybrid PET/CT and preclinical PET imaging (Figure 5.
Panel E and F) in the Introduction chapter.

For many years Time-Of-Flight (TOF) information was proposed to receive better
coincidence detection and improved signal to noise ratio, however detector technology was

not sufficient in terms of timing resolution to incorporate the idea.

A/’*\

%
\

Figure 6. The concept of TOF: In the conventional method true coincidence occurs along an LOR (A), while a uniform

\__,/

probability weighting is applied during reconstruction (B). With TOF information used in the reconstruction, the
probability weighting is more focused around the annihilation site (C) [26].

In the conventional method a uniform probability line is used along the LOR connecting the
two detectors in which the coincidence occurred. By using the measured time difference
between the arrivals of the two gamma photons (that belong to the same coincidence event),
this time information can contribute to the image reconstruction as a probability-weighting
kernel on the site of the annihilation. The very basic idea of TOF is displayed in Figure 6.
The first concept of TOF PET was mentioned by Hall O. Anger in 1966 [29] and after many
concepts and predictions a summary on TOF PET was written by Budinger in 1983 [30].
During the period of active research and development, more than two decades of advent the
first clinically available concepts arrived. In 2007 Surti et al. published on the performance

of the first clinically available TOF-PET, the Gemini TF PET/CT system [31].
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Figure 7. Different reconstruction algorithms using the very same list-mode raw data: Filtered Backprojections (4), 3D
Iterative (B), 3D lIterative + PSF correction (C), 3D Iterative + PSF correction + TOF (D). The red arrows show the

significant benefit from TOF and PSF correction: the improved Signal to Noise Ratio allows a clear interpretation of a
lung lesion that unsure on the image set of the conventional method.

The point spread effect causes spatial resolution distortion towards the radial edges
of the images. Benefits of point spread function (PSF) correction used in the reconstruction
process combined with TOF information on several image quality parameters has been also
reported [32]-[36]. Demonstration of the improvements provided by TOF and PSF
correction on images using the very same list mode raw data is displayed in Figure 7.
Another limiting factor, the partial volume effect (PVE) results in suppressed signal for
objects smaller than three times the spatial resolution (FWHM). Partial volume correction
(PVC) can be used to improve brain and myocardial images, as well as the quantitative
accuracy of tumor tissue images [37], [38].

For many years researchers and clinicians had doubts and hopes about the arrival of
PET systems combined with CT or MRI. The first approach to combine PET with a CT was
developed by Teruo Negai and his colleagues at the Department of Radiology, Gunma
University in Japan in 1984. The device incorporated a CT and a PET scanner (Hitachi Inc.)
and the patient bed moved on floor-mounted rails between the PET and CT. This initial
device was used in the daily clinical routine, and therefore this scanner should be called the
first hybrid PET/CT system. Without knowing the existence of this combined scanner,
researchers at the University of Pittsburgh and at CTI PET Systems developed an integrated
PET/CT scanner and published their findings on the system performance and clinical studies
[39]. After the introduction of the first clinical hybrid PET/CT system, these devices became
used worldwide. With PET/CT the clinical protocols changed as well: a PET scan took at

13



about 45 minutes in a PET-alone scanner because of the lower sensitivity and the rotating
positron source used for attenuation correction. A total combined scan takes about 15-25
minutes in a PET/CT scanner while optimized CT-based attenuation correction is used
routinely. In the years of hybrid PET/CT systems there have been many more attempts to
optimize the scanning protocols. Higher PET sensitivity and less bed positions to cover the
same length of the body became available by using wider axial field of view [40].
Respiration gating PET by belt or infrared light methods resulted in less motion artifacts
were observed, especially in case of thorax images. The acquisition time plays a very
important role in the patient protocols. Many optimizations were focused on the impact of
patient weight and emission scan duration, comparison of protocols on administered dose
versus scan duration, as well as optimizing imaging protocols for overweight and obese
patients. As mentioned above, for proper clinical protocols it is critical to use radionuclides
that have half-life short enough to decay away quickly after the patient examination but long
enough to do not decay significantly during the time of the PET acquisition. Some
radionuclides that meet these criteria are listed in Table 2. along with their physical
properties (such as branching fraction, positron range) and the radiotracers they have been

labeled with.

Table 2. Positron emitter radioisotopes useful for PET imaging and some important characteristics:

half-life, maximum positron energy, positron range and radiotracer applications [1] [41].

Radioisotope Half-life Maximum positron Positron range FWHM Radiotracers
energy (MeV) (mm)

*F 109.8 min 0.63 0.54 F.FDG, Na'F,
®F_Fallypride

c 20.4 min 0.96 0.92 "'CO,, 'co,
"C-Methionin

N 9.97 min 1.20 1.49 "NHs, "N,

0 122 sec 1.73 2.48 °0,, C"°0,, C™0

®Ga 67.6 min 1.89 2.83 *Ga-DOTATATE,
®*Ga-BAPEN

4.2  PET performance parameters

4.2.1 Spatial Resolution

At any imaging system the spatial resolution term is basically tend to express the
best ability in distinguishing two separate target points from each other (peak-to-peak
resolution). However, among some other imaging modalities, in the PET field the

measurement definition is the full-width-at-half-maximum value (FWHM) on the profile
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curve of a single activity point source. There are several physics factors that have an impact
on the spatial resolution of the scanner, such as positron range (r), non-colinearity
(0.0022xD, where D is the ring diameter), crystal pitch (d), position map coding uncertainty
(b), parallax error (p) and the reconstruction method (k). These contribute to the final

FWHM with a square root function as showed in Equation 1.

2
FWHM = k x \/(%) + b2 + (0.0022XD)? + 12 + p? Eq. 1

Crystal pitch means the width of a single crystal including the width of the reflective
material between the crystals. The parallax error is a mispositioning of events caused by the
lack of information on depth of interaction (DOI) for photons penetrating the scintillation
crystals. This smearing effect results in the widening of PSF and more prominent towards
the radial edges of the FOV [1]. The reason of this error originates from the wider

scintillation crystal coverage of a certain LOR as it can be observed in Figure 8.

Tangential Resolution

Radial Resolution

Figure 8. For the ring geometry scanners the point spread function becomes asymmetrical in case of increasing radial

offset [1].

In case of '°F studies probably the greatest contribution is from the non-colinearity, which
means that the gamma photons fly apart not exactly 180 degrees with respect to each other.
This effect is the result of the annihilation process, where the velocity of the positron is not
exactly zero. The non-colinearity is more emphasized when the scanner ring diameter (D) is
wider. The effects of three factors from those mentioned above (positron range, non-
colinearity, crystal scatter) are displayed in Figure 9 in case of two scenarios: an 80 cm

diameter human- and an 8 cm diameter small animal PET scanner [26].
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Resolution ~2.0 mm

Positron range NoR:ColeRi Detector interactions Tota
18F MR 2 cm LSO (log scale) '

Figure 9. Simulation of a clinical PET scanner with diameter of 80 cm (A) and a small animal PET scanner with a

diameter of 8 cm both consisting of 2 cm thick LSO detector crystals and imaging the same size '°F point-source. In each
case, the effects of positron range, non-colinearity and detector scatter are shown separately and together as well. It can
be observed, that the effect of non-colinearity is very sensitive to the detector diameter, and thus it gives a limiting factor
for the achievable minimal spatial resolution in case of the human PET scanners [26].

It is not evident why almost all of the annihilations are resulted in two y-photons that can be
detected by the PET system. In terms of spin orientations two types of positroniums can be
formed: ortho- (0-Ps) and para-positroniums (p-Ps). The o-Ps has a higher ratio of 3:1, and
while p-Ps results in an even number of photons the o-Ps results in odd number photons
[42]. The two types of positroniums have significantly different decay times in vacuum and
therefore the lifetime (the inverse of the decay rates) is about 125 ps for p-Ps and about 142
ns for o-Ps. The formed p-Ps is observed to decay in liquids with the vacuum lifetime.
However, the lifetime of o-Ps measured in liquids is considerably shorter than its vacuum
value due to the so-called pick-off annihilation. During this pick-off annihilation an opposed
spin second electron reacts with the o-Ps resulting in a two-photon annihilation.
Furthermore, the pick-off rate is influenced by the dissolved gases, and decreasing in the
presence of oxygen. As a result of the effects mentioned above the observed lifetime of o-Ps
in water is 1800 ps compared to the much longer vacuum lifetime of 140 ns. Thus, we can
state that most annihilations in tissue result in a useful two-gamma ray emission despite the

larger amount of o-Ps that is initially formed.

4.2.2 System sensitivity

Sensitivity (n) of a positron emission tomography is defined as a function of solid

angle (Q2), packing fraction (¢), and the detection efficiency (¢) as follows:

290
41

n =100 X Eq. 2.

The detector efficiency is a product of the fraction of events (®) fall into the energy window

and the detection probability of the incoming photon in a single detector element:
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e=(1—-e ") xd Eq. 3

The packing fraction describes the crystal geometry and pitch using the axial width and

height of the scintillation crystal element as follows:

width X height
0= — : Eq 4.
(width+deadspace)x (height+deadspace)

The solid angle coverage determines the geometrical efficiency and in case of a ring scanner

using a point source in the center of the FOV defined as:
Q = 4msin [tan‘l(A/D)] Eq. 5

where D is the diameter of the scanner and A depends on the maximal acceptance angle in
the axial direction over which data is collected [1]. Almost every recent PET scanners have
a 3D imaging mode, which means all axial cross planes are used for the coincidence
detection. This greatly improves sensitivity, but also causes the triangle shape axial

sensitivity profile displayed in Figure 10.

3D Axial Sensitivity

Sensitivity

1 1 1

0 1 1 1
10 20 30 40 50 60

Plane
Figure 10. Representative axial sensitivity profile of a typical PET scanner operating in 3D mode. The solid angle

coverage causes a triangle shape in this imaging mode [1].
4.2.3 Coincidence time window

In PET imaging numerous performance parameters are affected by the value of 7, the
coincidence time window. Aiming to find the optimal z-value an appropriate range should
be defined that is need to be involve the plateau of the true coincidence count rate (that is
mainly depend on the used source activity and detection efficiency). In addition, the random
count rate should be reasonably low at the optimal 7 value. The coincidence time window is

usually a couple times longer than the time resolution of the PET system.
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4.2.4 Count rates and attenuation

The coincidence events registered during the data acquisition in a PET system are
not only coming from true coincidences only, but biased by the so-called scattered and
random events. The y—photons (originating from the annihilation process) with 511 keV
energy have low probability for Photoelectric-absorption (PEA) but a significant probability
to go through Compton-scattering (CS) (approximately 5% PEA, 95% CS). This scatter can
occur in the body changing the direction of the y—photon while the coincidence is signed to a
misleading LOR (Figure 11.) Scatter in the scintillation material may cause the detection in
an adjacent crystal that leads to a misplaced LOR as well. The ration of the body
scatter/crystal scatter is around 1:5 in case of small animal systems [43], while more body
scatter can be detected in case of human scanners. During 3D PET acquisition, not just
direct planes but many cross planes are used for coincidence detections between the detector
rings. Therefore, a very large number of single y—photons arrive in the detector ring even
from sections of the body outside of the field of view. Because the coincidence time window
is not infinitely narrow in case of such many single y—photons there is a high chance for two
photons to arrive during the given coincidence time window and a random coincidence

event happens. Then these random events contribute to the noise level of the final images.

A B C

Figure 11. Schematic figures about the true (4), scatter (B) and random (C) coincidence events [44].

The final detected count rate will consist of the count rates mentioned above as:
M = Norm X (Atten.XT + S + R) Eq. 6.

where M is the measured count rate, Norm is the normalization correction, Atten is the
attenuation effect, 7T is the true count rate, S is the scatter count rate and R is the Random
count rate. Although, count rate measurements give important information on the

performance limits of PET scanners, they do not directly indicate image signal-to-noise in
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case of relatively changing trues, randoms and scatter rates. A more informative measure of

signal-to-noise can be provided by the noise equivalent count rate (NEC).

T2

where fis the fraction of the sinogram covered by the phantom region and the factor of 2
comes from the random subtraction method. The Random events, Attenauation and
Compton-scatter will result in a distorted PET signal and therefore has a great impact on the
image data. Because of the geometry of the patient, these interactions will cause severe
attenuation that is more prominent in the inner parts of the body and lower at the surface. As
discussed above, the results of these interactions are the removal of primary photons from a
given LOR and the potential detection of scattered photons in a different LOR. Thus,
attenuation and scatter are side effects of the same physical process. Corrections are
necessary and include removing scattered events from the LORs. Moreover, it is needed to

subsequently correct each LOR for the fraction of events missing from that LOR.

2 1
€
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p:=(' nD-x) pl= e nx

Figure 12. Attenuation probability of a given LOR: because of the coincidence detection, the probability of the detection of
both photons (p = p; «p,) depends on the attenuation coefficient (u) and the diameter (D) along the LOR and independent
from the distance of the annihilitaion site from the surface (x).

The probability of a y—photon to escape the body depends on the distance between the
annihilation site and the surface (x) multiplied by the attenuation coefficient of the tissue
(n). The probability to detect both photons is the product of the individual probabilities of
photons to escape the body. Therefore, only the diameter (D) of the patient along the LOR
contributes to the equation (Equation 6.) of this probability regardless the distance of the

annihilation site from the surface.
P =pyXp, = e FDPX) x g7HX = g=HD Eq. 8.

Attenuation of the signal from a given LOR can be measured with different algorithms from
CT or MRI images of the same patient. This so-called u-map is gained from a bi-linear

scaling method in case of a CT images. For MRI segmentation algorithms are used
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routinely, using a Dixon sequence. The effect of attenuation and the image after attenuation
correction can be observed in Figure 13. Besides the attenuation correction, detector
normalization, scatter- and random corrections are performed on the raw data of the PET

images.

A B

Figure 13. Uniform cylinder without (4) and with normalization, attenuation-, random- and scatter corrections (B).

The count rate protocol allows determination of the source activity dependence on
the scatter rate, the random ratio and the Noise Equivalent Count (NEC) rate, that are
important especially at human studies and real animal experiments. These measurements
need to include activity levels high enough to cause significant dead time in the scanner.
Therefore, based on the peak values one can determine the limits of the scanner in terms of
optimal activity for the scans. The measurements have to be performed using cylindrical
scattering phantoms with a line source insert. From the same measurement an important
factor could be also determined: the scatter fraction. This represents the percent ratio of the
scatter coincidences compared to the total coincidence counts. From the long count rate
measurement the last portion of the acquired date, where the random ratio is tend to be
negligible. Scatter fraction measures the scatter events both from the target subject and the

scintillation crystals.

4.2.5 Recovery Coefficient and Spill Over Ratio

The Recovery Coefficient (RC) is such a measure that gives information on the
suppression of peak activity concentration when the sources are comparable in size with the
spatial resolution of the scanner. In larger size objects the activity concentration is usually
accurately measured, however when the sources are close to the spatial resolution in size the
scanner underestimates the activity concentration of the source. This is the PVE (partial
volume effect) mentioned above. The degree of this suppression depends on the object size
as well as the reconstructed image resolution of the scanner [1]. The effect of PVE is
illustrated in Figure 14. This underestimation effect can be measured and corrections could

be applied accordingly. However, even if the RC value is estimated, the very same smearing
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effect from high activity concentrations around the region of interest will cause a so-called
spill over. This cross contamination should be measured with the ratio of the mean voxel
intensities calculated from VOIs of a uniform activity concentration area of the object and a
neighboring area where no activity concentration is present. Examples of this “spillover”
effect are the contribution to the signal in gray matter regions of the brain from activity in
the white matter, or the contribution to the signal of myocardial activity concentrations from

the large blood pool in the heart [1].
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Figure 14. The data displayed here represents spherical activity sources (diameter ranging from 0.5 cm to 4.5 cm) of
uniform activity concentration (4). Due to the partial volume effect (10-mm Gaussian smearing), the activity concentration
in the smaller spheres appears to be lower (B) and a line-profile on these simulated images show this suppression even in a
more emphasized manner (C)[1].

4.2.6 Image Contrast

Image contrast is an important measure because it has a high impact on the final
depiction of pathology during the medical reading process. If a known activity concentration
is filled in a phantom sphere and the surrounding activity concentration (background) is

known as well, the ideal contrast can be defined as the following:
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ACONCsphere

Ideal Contrast = Eq. 9.

Aconcpackground

where Aconcgppere and Aconcpackgrouna are the activity concentrations filled in the phantom
spheres and the background cavity. In ideal conditions the image contrast would result the
very same value as the ratio of these two activity concentrations. In real PET measurements
because of the PVE this will not be the case, and we would need again a recovery coefficient
to be determined. Because the ideal contrast is different from the measured, real contrast of
the images, it is reasonable to use the Contrast Recovery Coefficients (CRCs) that can be

determined as:

Csphere_cbackground Csphere 1
Cbackground Cbackground
CRC = = Eq.10.
sphere Ideal Contrast—1 Ideal Contrast—1 !

where Cgphere and Chrackgrouna the voxel mean from the applied VOIs on the sphere and
background regions of the reconstructed images [43]. In Figure 15 three different imaging
situations are displayed: a cylinder filled with uniform activity concentration (a), varied
diameter rods filled with the same activity concentration in no background activity (b) and
the same rods but in a hot background of a different activity concentration (c). The PVE
effect is visible on panel b for the smallest rod diameter that is close to the resolution of the

PET scanner in which the imaging measurements were performed.

(a)

Figure 15. Uniform and RC regions of the NEMA NU-4 image quality phantom (a and b). The third panel (c) displays an

artificially combined images of the former two [43].

4.3  Quantitative PET

PET became widely used in case of oncological studies mainly because of the high
sensitivity, diagnostic efficiency and the ability that the images can be used quantitatively. It

is important to emphasize, that among all tomographic modalities only PET and CT can be
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used in all cases as quantitative method, while MRI is just in some cases. As the importance
of comparing the image data before and after therapy was rising, physicians were looking
for useful quantitative and semi-quantitative measures that would describe tumor
characteristics and help staging. Usually for such a comparison of scans a semi-quantitative
measure called standardized uptake value (SUV) is used. If all distortions have been
corrected during the reconstruction process and the scanner is correctly calibrated with a
measurement of a uniform cylinder filled with known activity concentration, the voxel units
can be converted from counts per second (CPS) per voxel to activity concentration
(kBg/ml). For the calculation of SUV units, the activity concentration intensities in the
voxels are corrected with the weight of the patient and the activity dose that was
administered into the patient. Therefore we receive a numeric measure that gives
comparable information on two PET scans of the same patient without the bias effects of
different amount of injected dose or weight changes between the scans. One can conclude
that SUV results an average value of 1 in case of a uniform uptake in the total volume and in
non-uniform cases it can vary depending on the uptake of the specific tissue. By definition

SUYV can be calculated as:

SUV = Apx =L X ——XWyp; Eq. 11.

T Dm]

where A7 is the radioactivity in the tissue region derived from the ROI on the images, V7 and
Wrare the volume and weight of the target tissue respectively (and their ratio is the density
of the tissue that can be assumed as 1), Dinj is the injected dose, Wsubj is the weight of the
subject (e.g. patient). In the earlier years of quantitation, SUVmax values were only in use,
calculated as the maximum value of a certain ROI delineated by the physician. Because of
the limitations of SUVmax and its sensitivity depending on the reconstruction pixel size
made it difficult to compare images acquired on different scanners. The mean value of the
same ROI (called as SUVmean) is also an attractive measure, however it is still limited on
the delineation method and size of the ROI used. To overcome this problem standard size
sphere shaped VOIs were proposed called as SUVpeak, which could give more correct
information on the target tissue response. However, even this method has some limitations

with larger or smaller variations in case of different tumor types and stages [45].
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Figure 16. The multiple forms of SUVpeak are displayed on this figure along with the SUVmax within a delineated tumor
(purple line, Panel A). Different tumor SUVpeqak response variation on F_FLT PET/CT images of a periaortic lesion

(Panel B left) and a pelvic tumor (Panel B right). The top row shows the baseline and the bottom row the phase during
treatment [45].

To assess appropriate SUV evaluations high image quality is needed with reasonably low
noise and acceptable image contrast. Therefore, techniques that could improve image quality

and hence give more accurate information are greatly welcomed.

4.4 Signal to Noise Ratio (SNR) of PET/CT and PET/MRI

Among other performance parameters mentioned above, image noise, especially in
terms of Signal to Noise Ratio (SNR) plays a very important role in describing the quality of
medical images. For measuring and describing noise, several methods could be used based
on the focus of the study and the depth of information needed. The noise of medical images
is called in several contexts as image uniformity, or background variability and even SNR or
Contrast to noise Ratio (CNR). As mentioned above the NEC rate gives a numeric
information about the noise propagated into the raw data, therefore it is giving a global
measure on SNR, but it is not sensitive to the regional activity distribution of the images [1].
However, even NEC can give information that could be used as a first step to optimize
imaging protocols [46]. The NEC as a global noise parameter is able to predict local noise of
the actual images, however it is somewhat limited to conventional FBP and non-TOF
reconstructions [47]. When evaluating reconstructed images, in some cases it is enough to
calculate the ratio of the Mean and Standard Deviation (SD) values for the pixels of a
predefined ROI on a fairly homogenous background region (e.g. liver). This measure is
many times named as image uniformity. When the comparison of different activity uptake
regions is important, the ROI mean of the target tissue (e.g. lesion) subtracted by the mean
of a background ROI (e.g. liver ROI) and all of these divided by the SD of the background
ROI could be used [48]. This measure is many times also called as SNR [49], however

sometimes referred to be CNR as well.
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Meantarget— Meanpackground
CNR = g g Eq. 12.
St.Dev.packground

Calculating CNR in this manner many times gives appropriate information on the
recognition of the target tissue (e.g. lesion). This definition of CNR (at that time called as
SNR) was first given by Rose, who was interested in the in the quality of television images.
He showed that a small object is distinguishable from its background if the CNR value is
larger or equal than 5. This is known as the Rose criterion in the imaging field. However,
depending on the imaging task and the size, in many cases the target tissues are still
detectable on medical image sets with lower CNR values [49]. The representation of CNR

determination along with the distribution functions is displayed in Figure 17.

(Xa) (Xb)

Figure 17. Target tissue ROI (a) and the background tissue ROI (b) of an investigated image (right) and their intensity
distributions (left). X, and X, are the mean values of the target and the background ROI pixel intensities respectively, s is
the St.Dev of the background ROI [49].

Moreover, calculating the SNR as the Mean/SD values for each pixel or voxel using a series
of image sets is usually the most straightforward way to receive accurate information on the

noise characteristics of the given image set:

Meanygxel

SNR = Eq. 13.

St.Dev.ygxel

Although, this calculation is many times limited to phantom scans and cannot be performed
in the daily routine of the clinical level. However, in some cases using a single raw data set
with the so-called bootstrap method these image series and their noise properties could be
determined [50]. Another SNR measure, the noise power spectrum (NPS) is a very
sophisticated method, which gives spatial frequency information about each pixel of the
given image slice using Fourier-transform. NPS has been shown to measure image noise
texture for different medical imaging modalities including PET [51]-[53] while giving
detailed information on image SNR.

As mentioned before SNR is affected by several factors including scanner

sensitivity, spatial resolution, NEC rate etc. A system with high spatial resolution should
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typically produce images of higher SNR compared to a system of lower spatial resolution,
assuming an equal number of acquired counts. Therefore, the better spatial resolution may
result in images with worse uniformity (SNR) [33], [34]. On the other hand higher NEC
means more counts and causes better noise properties. Therefore, these two effects
counteract each other and contribute to a final balance in the image SNR.

The SNR is depending on the detector technology, including the detection efficiency
and the readout logic of the scintillator crystals. Among the new hybrid medical imaging
technologies, the introduction of PET/MRI had great attention in the medical imaging field
worldwide. The inclusion of both imaging modalities in a single device demanded solutions
of complex engineering challenges, especially in terms of PET detectors to operate in high
magnetic fields. Conventional PMT detectors benefit from high signal gain in the range of
10° - 107 [1], [54]. Low noise and fast transit time (~100 ps) are also available today, and
has made this photo-sensor the first candidate for application involving the TOF PET
technology. However, in strong magnetic fields PMT technology is not able to produce
acceptable position maps for imaging purposes. New photo-detector concepts using semi-
conductors called Avalanche Photodiodes (APDs) provided a solution for this problem and
has ben already used efficiently as a photo-sensor for PET near strong magnets [9], [12],
[56], [55]. However the SNR performance of these applications is lower compared to former
PET technology because APDs have significantly higher rise times (up to 2-3 ns) [54] that
prevent adequate timing resolution for TOF. The SNR gain from the TOF capability can be

described as:

’ZD
SNRTOF = E X SNRTLOH—TOF Eq 14.

where D is the diameter of the imaged object, c is the speed of light, and A4¢ is the timing
resolution of the system [26]. Furthermore the low gain (~10%) remained a disadvantage of
APDs as well [9], [54]. Coupling LSO crystals with newly introduced SiPM technology
resulted in timing resolution sufficient for TOF measurements [57]. The considerably lower
noise of SiPMs (compared to the APDs) and high gain (~10°) are the additional promising
features of SiPM, which made this technology suitable for PET photo-detectors for
advanced PET/MRI systems. It is need to be noted that PMTs have lower noise
characteristics compared to APDs or SiPMs [54]. Some approaches for the inclusion of
SiPM in a full-ring PET detector system have already been introduced successfully [58]—-
[60]. These developments were mainly focusing on preclinical PET imaging devices,
however the human applications are already in the production phase and will be available in

the near future.
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Another great advantage of SiPMs is the possible one-to-one coupling with
scintillation crystals that could eliminate the position map coding error of the conventional
analog PMT method, and therefore contribute to better spatial resolution (Figure 18.). This
has an impact even on the time resolution of the scanner and therefore gives an
improvement compared to former TOF gained SNR with a factor of two [http3]. These
advancements apply for both PET/CT and PET/MRI techniques and therefore are very
promising in case of recently introduced and future hybrid systems. One can observe the

improved SNR characteristics of a whole body PET scan in Figure 19.
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Figure 18. Conventional analog PMT readout of the scintillation crystals with the well known Anger logic concept (left)
and the new digital one-to-one readout concept offered by SiPM photosensors also called as Digital Photon Counting
(DPC, right) [61].
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Figure 19. Whole Body PET images acquired with the conventional Anger logic readout based scanner (A). The new SiPM
based one-to-one coupling provides improved SNR characteristics throughout the whole 3D image volume [61].

Besides using appropriate detector technology in hybrid imaging, it is important to

optimize the scanning protocols and the reconstruction methods for both patient
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characteristics and scanner properties [62]. In the clinical PET/CT protocols the acquisition
time necessary to collect enough counts to produce images of high diagnostic quality
depends on several factors, including scanner sensitivity, imaging mode (2-D or 3-D) and
patient weight [63]. Both, the number of total counts acquired during the acquisition and the
quality of PET images are negatively correlated with the weight of the patient [64].
Extended acquisition times are typically required for heavier patients (rather than increasing
administered dose) in order to maintain image quality [65]. However, the lengthening of
acquisition time per bed position over a certain limit would not necessarily improve lesion
detection [63]. Image data for PET studies are typically collected in discrete axial bed
positions in most cases. The acquisition scan duration is usually adjusted according to the
weight or the Body Mass Index (BMI) of the patient (1-5 min/bed position for non-TOF and
1-3 min/bed position for TOF scanners). Although the total acquisition time is adjusted to
the patient body properties, the acquisition time at each bed position is kept constant. This
means that a body section where there is less attenuation (head and neck) will have the same
acquisition time as a section where there is more significant attenuation (abdomen). As the
different sections of the body have various gamma radiation attenuation factors and activity
distribution as well, it is expected that the image SNR will vary accordingly. During the
clinical reading process of the images the constant SNR would be preferable, therefore
methods to optimize acquisition durations of bed positions would be necessary for the
harmonization of SNR axially. This concept of varying the acquisition time durations of
different bed positions may be seen as be analogous to the Tube Current Modulation (also
known as Automatic Exposure Control) used in X-ray CT for dose reduction [66]-[68];

however, in PET the time modulation could be used to equalize image SNR axially.
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5. Aims

While many research groups reported on good results of SiPM PET applications, our
institutions also started to work on the direct comparison of SiPM with conventional PMT
technology on PET scanner performance and imaging capabilities. We developed two
preclinical imaging systems: the MiniPET-2 with PMT technology and the MiniPET-3 using
SiPM detectors. The geometrical parameters, the scintillation crystal material, data
acquisition system, image reconstruction methods of the two systems were kept the same.
We aimed to:

1. Compare the imaging capabilities of two small animal imaging systems with the
same crystal geometry but different photo-sensors.

2. Perform the direct comparison by measurements as specified by the NEMA NU 4-
2008 measurement protocols, extended with energy resolution and coincidence time
window optimization measurements.

3. Report on the first complete performance and imaging capability evaluation of a
SiPM based PET scanner using this NEMA standard

4. Evaluate the imaging and performance data with the same software environment

5. Perform computer simulations, aiming to describe the characteristics of a human

scale scanner based on the MiniPET concepts.

We started to work on the optimization of patient scanning protocols of Whole Body
PET scans to harmonize image noise axially. While many approaches are available to
determine SNR for human whole body PET imaging, we used pixel-wise the Standard
Deviation/Mean (St.Dev/Mean) values on series of image sets, hence this measure gives the
appropriate depth of information for this study. We aimed to:

1. Investigate the possibility of varying the acquisition time for different sections of the
body such that the image SNR is kept relatively constant for all slices.

2. To estimate the acquisition times for the different sections of the body we propose to
use the sinogram of attenuation correction factors (ACFs) generated from the CT
scan that is typically acquired prior to the PET scan.

3. Perform both computer simulations (based on real CT patient data) and evaluations

of phantom and patient PET data for the proof of this new concept.
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6. Materials and Methods

6.1 Performance Comparison of the MiniPET-2 and MiniPET-3
preclinical PET systems

6.1.1 Scanner Description

The technical and geometrical parameters for both MiniPET scanners compared to
some currently available commercial preclinical PET scanners are listed in Table 3. The two
MiniPET systems include the same-sized gantry, detector crystal material, crystal size,
crystal pitch and detector module configuration. The significant difference between the
systems lies in the photo-sensors: the MiniPET-2 system includes conventional PMTs, while
the MiniPET-3 system includes SiPMs (Figure 21) and a readout system optimized for this
type of detectors (Figure 23). A row-column readout of the SiPM matrix was used without
applying individual signal processing channels to each matrix element. Weighting circuits
were connected directly to the row and column outputs as proposed by Y. Wang et al. [72],
but modified in such a way as to reduce the dark noise. The overlap between the crystals and
the SiPM sensitive areas were determined during the design of the SiPM sensors for the
purpose of optimal position encoding. The LYSO crystal matrix and the SiPM sensor board
were attached together with a light-guide designed to receive light from every scintillation
crystal.

Table 3. Basic physical and technical parameters of the MiniPET-3 and MiniPET-2 detector systems
compared with available preclinical PET systems from different vendors.

Category MiniPET-2 and Inveon NanoPET LabPET8
MiniPET-3 scanners [11], [69], [70] [71] [12]
Detector module
Scintillator Material LYSO LSO LYSO LYSO and LGSO
Crystal Size (mm®) 1.27x1.27%x12 1.5x1.5%x10 1.12x1.12x13  2x2x11.9 and
2x2x13.3

Crystal array size 35x35 20x20 81x39 16x16

Photon sensor SiPM for MiniPET-3 PMT PMT APD
PMT for MiniPET-2

System

Number of detector 12 64 12 12

modules

Number of detector 35 80 81 32

rings

Inner diameter of 211 161 181 162

detector ring (mm)

Solid angle / 41 0.22 0.62 0.32 0.42

Axial FOV (mm) 48 127 94.8 75

Trans-axial FOV (mm) 100 100 123 100
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Figure 20. Representative photo images of the MiniPET-2 (left) and MiniPET-3 (right) preclinical PET systems.

SiPM sensors were arranged to overlap with crystal clusters of three rows and three
columns. Light from these clusters was collected at a relatively high efficiency compared to
crystal elements, which did not overlap with the SiPM as shown in Figure 22. Among all
crystal elements, 59.5% were located at regions of relatively high light collection efficiency,
while 40.5% were located in regions of relatively low light collection efficiency. A total of
324 SiPM sensors (18x18) were arranged in 2x2 blocks, and these quads were produced in a
9x9 configuration. The SiPM matrix active area is 48x48 mm? and the size of each SiPM
sensor is 1.95x2.2 mm”. The number of microcells in each sensor is 833. An epoxy light
guide (Philips Research, Eindhoven) was used between the SiPM tile and the crystal matrix
with a thickness of 1.3 mm.

Figure 21. Photodetectors: PSPMT used in case of the MiniPET-2 (left) and SiPM tile for the MiniPET-3 (right).

In the case of MiniPET-2, the PMTs were attached to the LYSO scintillation crystal
matrixes with a special optical coupling compound called Visilox V-788. In this case the
thickness of the optical coupling remained under 0.5 mm. Digital signals were fed into a

Xilinx Vertex4 Field Programmable Gate Array (FPGA) board, where time stamp
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generation, energy calculation, signal recognition and status check processes took place
[14]. Data from the detector modules were transmitted to the data acquisition computer via
the 100BASE-TX Ethernet network system. The custom made MultiModal Medical
Imaging (M3I) software library was developed [http4] for the tasks of data collection and
processing such as primary data processing, scanner calibration, image reconstruction,
image processing and evaluation of performance parameters. This software tool arranges the
data into 3D Line Of Response (LOR) or single events list-mode data files that can be
histogrammed into 2D sinograms. The M3I performs 2D Maximum Likelihood Expectation

Maximization (ML-EM) [27] that we used in case of the image quality measurements.

Figure 22. LYSO scintillation crystals (left): 35%35 element array, pixels: 1.27 mm, gap: 0.076 mm, pitch: 1.347 mm,
finish: all crystal surfaces polished, internal reflector, external reflector, overall dimensions: 47.17 mm®*12 mm thick.
Schematic image (vight) of the LYSO Scintillation Crystal (red) and SiPM sensor (green) overlap positions in the MiniPET-
3 detector module.

Figure 23. MiniPET-3 detector module assembled (top) and disassembled (bottom). On the disassembled image we can see
from the left to the right: LYSO scintillation crystal matrix, SiPM photo-detector module, front end electronics No. 1, 2, 3
and the LIR (Local area network based Interface for Readout) card.
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For the evaluation of spatial resolution of the systems, Filtered Backprojection (FBP) was
used. All other images in this evaluation were reconstructed using ML-EM, as implemented
in M3I, using 20 iterations without any post-reconstruction filtering. The same system

matrix was used for both systems during this study.

6.1.2 Position encoding and energy resolution evaluation

Measurements performed for position encoding and energy resolution were
conducted with an '°F point source of 4 MBq activity, while positioned in the center of the
Field of View (FOV) axially and transaxially. A 1200 sec list mode dataset was acquired in
each case. From the list-mode data, events were sorted into energy histograms for every
crystal element, and the FWHM values of the 511 keV peaks were calculated. The '*F
energy resolution was calculated as the FWHM value divided by the peak channel number
times 100. Measurements performed on the MiniPET-3 took into account the non-linearity
between SiPM signals and photon energies. The lower energy threshold was set to 360 keV

PIT measurements, while the upper energy threshold to 662 keV with *’Cs. These

using
isotopes have definite signal peaks at the mentioned energies. For position encoding
purposes this same measurement protocol was used, and the position maps for each detector

modules were determined.

6.1.3 Coincidence Time Window Optimization

The FWHM of the timing resolution were 3.29 ns for the MiniPET-2 and 3.76 ns for
the MiniPET-3. In the MiniPET systems each detector module is in coincidence with 3 other
modules on the opposite side of the gantry. Therefore, the total number coincidence
connections are 18. Time alignment for all 18 detector-connections were performed with
appropriately shifting the coincidence time histograms in case of both MiniPET systems.
Without any optimization the measured time spectra can be seen in the representative plots
of Figure 24. We defined the spectral average for the coincidence time histogram between

h

the i" and j™ module as Tj. In addition we introduced new offset parameters for each

detector and the following equation to set any new arbitrary Tj’ histogram mean values:
with the special condition that all T;;” has to be equal. In this way there are 18 equations for
the 12 unknown t; , which is a typical over-determined system of linear equations that can be

solved. Presuming that all T;;” should be zero, we solve the above equation and use the
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resulted ti parameters as timing offsets for the detectors.

« 10*
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Figure 24. Coincidence spectra of the 18 detector connections without proper time alignment.

An optimal coincidence time window (7-value) must balance the need to maximize
the true coincidence count rate while minimizing the randoms count rate. This optimization
is dependent on the source activity as well as the FWHM of the coincidence time histogram.
In order to determine the optimal z-value on the MiniPET-3, a cylinder phantom (inner
diameter: 45 mm, length: 200 mm) filled with ®*Ga was used. Raw data was acquired at an
initial activity level of 17.05 MBq for two-minutes using a 7-value of 2 ns. Nineteen
subsequent measurements were repeated with increasing the z-value in 2 ns increments,
resulting in a total of 20 measurements. The actual true and random coincidence rates were
obtained during the measurement. In addition, we calculated a parameter that is similar to
Noise Equivalent Count (NEC) rate defined as: True*/(True+2*Random), which was used to
find the optimal z-value. For the MiniPET-2 the optimal z-value was determined in a

previous study [14].

6.1.4 Spatial Resolution Measurement

For the purpose of measuring spatial resolution, usually **Na that has half-life long
enough to be used for a few years. The measurements are performed with this point source
placed in different predefined locations along the axial and radial directions. The spatial
resolution for both the MiniPET systems was measured using a 1 x 1 x 1 cm’ cast acrylic
cube (Eckert & Ziegler Isotope Products Inc.). The center of the cube included a 0.25 mm’
spherical **Na point source. Individual measurements using this point source were
performed at separate locations: 0 mm, 5 mm, 10 mm, 15 mm, 25 mm and 35 mm radial

offset from the central axis of the scanner. These measurements were repeated using the
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same radial locations, but shifted to 4 from the axial center. The 3D data were then re-
binned into 2D LORs using the Single-Slice Rebinning (SSRB) algorithm. As proposed by
the NEMA standard, we used 2D FBP for the image reconstructions of the spatial resolution
acquisitions. For each of the 12 measurements, a profile through the point was obtained. The

FWHM of this profile was then used to determine the spatial resolution for each image.

6.1.5 Sensitivity Measurement

Sensitivity is technically measured as the ratio of the true coincidence rate and the
used source activity. Determination of the sensitivity requires an activity source in which the
rate of the annihilations is precisely known [14]. For the sensitivity measurement a line
source or a point source needs to be used in case of the human and the preclinical scanners
respectively. The measurements have to be performed in the radial center of the FOV, and
covering the entire axis of the scanner until the edges of the detector ring is reached. The
sensitivity measurement was performed on both MiniPET systems using a “*Na point source
initially placed in the center of the FOV. Subsequent images were taken by shifting the
point source axially towards the edge of the detector ring in 1.35 mm increments, resulting
in a total of 35 scans. The absolute sensitivity for each ith (i=1, 2... 35) acquisition was

calculated as:

1 (Ri_RB

Bl 0
A ) x100% Eq. 16

where A, is the activity of the point-source, 0.905 is the branching ratio of 22Na, Ri and Rg;;
are the source and background total count rate for the ith acquisition, respectively. System
peak absolute sensitivity is defined as the Sa;at the center of FOV [72]. Total Absolute

Sensitivity (S4:) was calculated using the following equation:

S _ ?:1 SA,I
A,tOt —_ n Eq 17

where, S4;1s the absolute sensitivity at slice i, n is the maximal slice index (35 in our case)
[14]. This formula follows the concept of some recent articles [10], [14], [69] and the
extension of the NEMA NU-4 in 2011.

6.1.6 Image Quality Phantom Study
For the image quality measurements, the NEMA NU4 IQ phantom was used, which
has a cylindrical shape with fillable rods of different diameters drilled in cold, solid
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background for computing RC values. In addition to RC, the NEMA standard also includes
protocols for the determination of image uniformity and SORs using a homogenous region
and two cylindrical chambers (cold chambers) within the 1Q phantom. The uniformity is
calculated as %Stand.Dev. that equals to Ustd/Umean*100%, where Umean and Ustd are
the mean and standard deviation values for the homogenous region. Image acquisition,
histogramming, and reconstruction were very similar when performed on the MiniPET-2
and MiniPET-3. These images were acquired from the NU 4 IQ phantom filled with '°F at
an initial activity of 3.7 MBq activity. One of the cold chambers was filled with water, the
other with air. The phantom was positioned on the animal bed port of the scanner along its
central axis. Data was acquired using 1200 sec list-mode dataset of the phantom was
acquired in both cases. The list-mode raw data were binned into 3D coincidence LORs,
representing in the geometry of the scanner. These 3D data were then re-binned into 2D
LORs using the SSRB algorithm. Images were reconstructed from the 2D rebinned data
using the ML-EM method with 20 iterations. From the reconstructed images RC, SOR and

uniformity values were determined using our cross validated software.

6.1.7 Scatter Fraction and Count Rate Performances

The count rate protocol allows the determination of the true and random ratio, as well as the
NEC rate. The scatter fraction was determined from the data measured at low activity levels
when the random ratio is negligible. The measurements were performed using two
cylindrical scattering phantoms (the so called rat and mouse phantoms) with a line source

insert of high activity concentration, as recommended by the NEMA NU 4 standard.

6.1.8 Small Animal Studies
Scanning of rats on both MiniPET systems were performed with injected activity of 5.6
MBq and the acquisition scan durations of 20 minutes. Images of the brain and the heart

regions were performed and evaluated.

6.2 Human brain PET scanner simulation based on MiniPET concept

The objective evaluation of the imaging capabilities of a PET system frequently needs a
realistic simulation tool to model or track the data acquisition process. Monte-Carlo based
simulation is an indispensable tool in modern detector engineering, depending on the
available computing capacity it can be applied more-or-less efficiently. Basically, there are
two different simulation strategy for this purpose: the Monte Carlo (MCS) one and the
analytical simulation (AS). The AS simulations run faster but they give less realistic and

precise data for the PET systems, thus we could not apply these types of simulation tools.
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The MCS program follows each individual gamma-ray from the annihilation to single
or multiple interaction (scatter), and final absorption or escape, both in the source and the
individual scintillation detectors. The MCS can follow each individual photon inside each
crystal up to the photocatode or APD sensor, with provisions for light losses due to escape,
surface imperfections, and absorption. Furthermore, it can take into consideration
photomultiplier characteristics in order to form the final signal. The MCS can be used to
obtain information about the different processes occurring within the phantom and detectors
(energy pulse-height distribution, point spread function and the scatter and scatter to total
fractions in 2D and 3D modes can be obtained). Several studies have been published that
address MCS of the coincidence detection processes. In the most cases the base of these
MCS programs is the GEANT MCS that was originally developed in high energy physics
research. There are two freely available MCS software tools and libraries in the field of
emission tomography: the GATE [http5] simulator, and the SImSET package [http6].

The SImSET package uses Monte Carlo techniques to model the physical processes and
instrumentation used in emission imaging. The software is written in a modular format, and
the core module is the Photon History Generator or PHG, which models photon creation and
transport through heterogeneous attenuators for both SPECT and PET. The Collimator
Module receives photons from PHG and tracks photons through the collimator being
modelled. The Detector Module receives photons either directly from the PHG module or
from the Collimator module. It tracks photons through a specified detector, recording the
interactions within the detector for each photon. Each module can create a Photon History
File to record information on the photons it has tracked. The Binning Module is used to
process photon and detection records, and can be used on-the-fly or on pre-existing history
files. The PHG, Detector and Collimator modules are configured using Parameter Files and
Data Tables, examples of which can be found in each of the relevant module chapters.
Digital phantoms for PHG (Activity and Attenuation Objects) can be created using a utility
called Object Editor. The SimSET package also comes with a range of utilities for
manipulating datasets and history files. The implemented physical models are as follows:
planar SPECT, dual headed PET and cylindrical PET systems.

The GATE has several additional features comparing to the SImSET, such as optical
photon simulation, very complex detector geometry and gantry definition, graphical output
to check the system view, complex logging and event tracking, sophisticated activity
distribution and phantom definition and so on. Thus the used Monte-Carlo simulation
system was based on the GATE, which is built upon the Geant4 software from CERN. The
goal of this task is to set up a simulator chain and presume the imaging capability of the

human PET system. This simulation rely upon a set of models coming from the preliminary
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results of sub-modules and the MiniPET-3 PET system (developed by Institute for Nuclear
Research, Hungarian Academy of Sciences). We specified the most important parameters of
a brain human PET detector system by simulations with the use of GATE software package.
The main features of the whole human PET system, like detector block quality, sensitivity

profiles and count rate performance can be tested by the GATE simulation tool.

6.2.1 The GATE simulation environment

The GATE software environment has been set up on the High Performance
Computing (HPC) cluster in our university [http7]. HPC consists of several hundred nodes
with a total of 2352 for HPC in Szeged and 1536 for HPC in Debrecen.

6.2.2 Definition of the scanner geometry
The detectors of the human camera were simulated using similar component of
MiniPET-3 (pattern and physical properties of SiPM and crystal material). During the

simulation the block and crystal size was changed from the MiniPET-3 geometry to

- Crystal size: 2.1 x 2.1 x 20 mm’,

- Crystal pitch: 2.17 mm

- 21 x 21 pixelated crystal matrix

- Light guide: epoxy layer (refractive index 1.5) with thickness of 1.3 mm

- Reflector material of Teflon

The 2.1 x 2.1 x 20 mm’ crystal size matches to the Siemens HRRT brain scanner pixel size.
We decided to use this geometry, because the preliminary running tests with the GATE
showed that the optical photon simulation dramatically degrades the calculation speed, even
on the HPC cluster. If we reduced the whole body PET geometry to the brain scanner size,
the number of coincidence connections were also significantly decreased. Furthermore, we
simulated two scanner geometries with different axial field of view: 45.57 mm (smallFOV
simulation) and 182.28 mm (largeFOV simulation). In both case the scanner radius was 175
mm, which is the appropriate size of the HRRT brain scanner. All simulations were
performed for the readout characteristics of the SiPM and LSO based PET detector module,

using optical photon simulations in the GATE simulation software environment.

6.2.3 Simulation of position maps and energy resolution
Simulations of position maps using a point source was performed for the 21 x 21
scintillator detector matrix. Along with the position maps the energy spectrum of the scanner

was also monitored and the energy resolution was calculated,
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6.2.4 Simulation of the count rate capability and system sensitivity
For NEC parameter (NEC = T*(T+S+a*R) and the relating NEC curve, we

calculated separately the single, the true + scatter and the random rate values as follows:

—cl*t*(bkg+n . *
Singles = (bkg +1; *a)*e ¢ (bkg Msi ) Eq. 18.

2
2% r*(bkg ) *
T+S=’7tlﬂue*a*|:€ ‘ (bkg ’751 (Z)} Eq. 19.

2
—c3*t*(bkg+n . *« Eq. 20.
R:(bkg+’7si*OZ)Z*AT*nlor*{e ‘ (bkg +171; )} q

where “ng* was the singles sensitivity and “nye” the trues+scatter coincidence sensitivity.
The ns and nge parameters are significantly influenced by the source and the scanner
geometry. Hence, the mg and mye were determined using GATE for the given PET
geometries. The NEC parameters are depended on the measured activity distribution. Thus,
we used the standard NEMA rat like phantom at both simulations. The phantom was placed
in the center of the field of view of the simulated cameras. Besides the count rate
performance, the system axial absolute sensitivity profile was calculated as it is required the

NEMA-NU-4.

6.3 Whole body PET image SNR optimization using variable acquisition

times

6.3.1 PET/CT System
The system used in the work was a Siemens Biograph 64 Truepoint PET/CT system.
The PET portion has an axial field-of-view of 22 cm and an approximately isotropic

intrinsic resolution of about 4.5 mm FWHM. The CT portion of the system is a 64-slice CT.

6.3.2 SNR Simulations

To estimate the effect of attenuation on image SNR a series of simulations was
performed based on whole body CT scans (patient weights ranged from 54-108 kg). From
the CT scans, attenuation correction factors were generated using the bi-linear scaling
method [73]. Using the same CT images, a uniform activity distribution in soft tissue was
generated. Using the soft tissue activity and the attenuation correction factors, emission
sinograms were generated by forward projection. To estimate the noise distribution in the
images, Poisson noise was added to the sinograms and 20 noise replicates were generated.

Each replicate was corrected for attenuation and reconstructed using iterative image
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reconstruction (Ordered Subsets Expectation Maximization with 4 iterations and 8 subsets
(OSEM 4i8s)) [27]. From the 20 replicates, pixel-wise mean and standard deviation images
were generated. For each axial body slice one standard deviation and mean value was
calculated as the average pixel intensities within a 4 cm diameter circular ROL In the
following, we will refer to the pixel-wise calculated mean and standard deviation as Mean
and SD respectively. The correlation between the SD/Mean values and the average
attenuation correction factors (averaged over all angles) passing through the center of the
body was also investigated. In addition to the patient simulations, circular, elliptical and
patient outline simulations were performed. Cylinder diameters between 6 and 40 cm with
uniform activity were simulated. Attenuation properties were simulated assuming uniform
attenuation distribution with water equivalent (linear attenuation coefficient). The forward
projection of the u-maps was used for attenuation of the emission data and for attenuation
correction. Attenuated emission sinograms were created by forward projecting the activity
images and using the attenuation sinograms. From these sinograms, twenty noise replicates
were generated with Poisson noise added to each sinogram elements. From these replicates
attenuation corrected images were reconstructed using iterative reconstruction (OSEM 4i8s).
Mean and SD images were calculated from the 20 noise replicates pixel-by-pixel. As an
SNR parameter we calculated the SD/Mean in a 4 cm diameter circular ROI that was used
on both the Mean and SD images. For the ellipse simulation, ellipses with random semi-
minor and semi-major axis between 10 and 20 cm were generated. Forty different ellipses
were generated and processed in the same manner as the cylinder image simulation. For
refining the method and to be more close to the shape of a patient, images were generated
with using the outline of real CT images of the same patients mentioned above. Uniform
activity and attenuation distributions with water equivalent (linear attenuation coefficient)
were assumed (same as for the cylinder and ellipse images). For each image slice along the
body axis a similar process was applied as for the cylinder and ellipse simulations. In the

following we will refer to this simulation as “patient outline shape simulation”.

6.3.3 Acquisition Time Adjustment

To estimate the relative acquisition times along the axial direction of the body, a 4
cm diameter circular ROI was defined on each of the reconstructed emission Mean and SD
images. For each slice the square of the SD divided by the Mean was calculated (i.e.,
(SD/Mean)?) from the average pixel intensities of the defined ROI on both image sets. Using
the slice with the average (SD/Mean)” value (among all slices) as a reference, the relative

acquisition time that would yield a uniform SD/Mean for all slices was calculated as:
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— T'total x (SD/Meal’l)l2

: n (SD/ Mean)fef

Eq. 21

where i means the slice number, T}, the total scan time and » the number of axial scan

positions. As a reference value, the average (SD/Mean)” along the body axis was used:

(SD | Mean),, = " (SD | Mean); /n Eq. 22

The use of average (SD/Mean)” as a reference value correlates with the practical
implementation of the noise equalization method, when the length of the total scan time kept
the same as for the conventional scan (without the use of noise equalization). A new set of
images (Mean and SD) was generated, where the acquisition time was adjusted according to
Equation 22. The ROI analysis was repeated to ensure that the adjustment of the acquisition
time would result in uniform SNR axially. The correlation between the SD/Mean and the
average attenuation correction factor (averaged over all angles) passing through the center of
the body was also investigated. If there is a correlation, then this could be used to quickly

estimate the relative acquisition times.

6.3.4 Phantom and Patient Scans

Based on the results from the simulations, a PET scan with a set of different diameter
phantoms was acquired on the Siemens Biograph 64 Truepoint PET/CT system. Three
cylinders with different diameters (7.4 cm, 17.5 cm and 21.0 cm), a NEMA image quality
phantom with no activity in the spheres or in the lung insert, and an Anthropomorphic
Phantom (Data Spectrum Corporation, Hillsborough, NC), with no activity in the lungs and
the liver and without the cardiac insert, was filled with '*F-Fluoro-Deoxy-Glucose (i.e. '°F-
FDG), with activity concentration of 0.163+0.002 wCi/mL at the start of the acquisition. The
phantoms were placed on the scanner bed in the order indicated on Figure 25. A 300s list
mode dataset was acquired of each cylinder from which 20 bootstrap replicates (120s and
variable times) were generated. For noise estimation we used the bootstrap method, since in
this case the resulting noise patterns correlate well with the results of repeated

measurements [50].
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Figure 25. Topogram of the phantom set used for the study. The figure shows in order from left to right: Small, Medium
and Large cylinders (diameters: 7.4, 17.5, 21.0 cm respectively), NEMA Image Quality Phantom and the Anthropomorphic

phantom.

Each bootstrap replicate was reconstructed using OSEM (4i8s with a 2mm post
reconstruction Gaussian filter). Mean and SD images were generated pixel-by-pixel from the
set of replicate images. A 4 cm ROI analysis was performed for both the Mean and SD
images and central average AC factors were also calculated from the CT derived attenuation
correction. A patient scan was also acquired (5 bed positions, 240s each). Data were
acquired as prompts and randoms, from which a pseudo-list mode data set was generated.
Using the pseudo list mode data set, 20 bootstrap replicates (120s and variable times) were
generated. Each replicate was reconstructed using OSEM (4i8s with a 5Smm post

reconstruction Gaussian filter) from which Mean and SD images were generated.
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7. Results

7.1  Performance Comparison of the MiniPET-2 and MiniPET-3
preclinical PET systems
7.1.1 Position encoding and energy resolution

The flood field images of both MiniPET scanners are shown in Figure 26. These images
illustrate the difference between the position mapping capabilities of the LYSO crystal
elements when used with PMTs versus SiPM detectors. Although the position map of
MiniPET-2 seems to be more homogenous, fewer crystals can be identified at the border
area. On the other hand, non-uniform patterns can be seen in the MiniPET-3 position maps.
This effect is due to the periodically changing overlaps between the crystal elements and the
sensitive area of SiPMs. Moreover, some of the crystal elements are arranged in 3x3 clusters
overlapping the SiPM sensors, while other crystal elements are located in between the

sensitive areas of SiPM sensors.
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Figure 26. Position maps of the MiniPET-2 (left) and the MiniPET-3 (right) scanners.

Two representative profiles from both MiniPET-2 and MiniPET-3 position maps are shown
in Figure 27. The average top/valley (T/V) ratios for the MiniPET-2 and MiniPET-3
detector modules are 5.20+0.21 and 5.73+1.03, respectively. The highest T/V of the
MiniPET-3 is more pronounced if we consider only the crystals in the high light collection

position. In this case the average T/V is 6.6+0.43.
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Figure 27. Line profiles of the MiniPET-2 and the MiniPET-3 scanners.
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The energy spectra for each crystal position were also investigated and the related
energy resolutions were calculated. For both MiniPET systems the energy resolution value
related to each crystal element in case of two representative detector modules are displayed
in Figure 28. The system average energy resolution values were measured to be 19.98+7.59
% and 31.74+11.30 % for the MiniPET -2 and MiniPET-3 respectively. The energy
resolution pattern of the MiniPET-3 correlates well with the flood field image. Furthermore,
the energy resolutions are higher for the crystal positions with high light collection and

lower for the crystal positions with low light collection.
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Figure 28. Energy resolution maps of the MiniPET-2 scanner and the MiniPET-3 scanner are displayed.

7.1.2  Coincidence Time Window

The timing offset values were precisely calculated and the time alignment method was
applied for the 18 detector connections. This resulted a series of aligned coincidence spectra

including all the detector connections (Figure 29).
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Figure 29. Coincidence spectra of the 18 detector connections after using the time alignment method.
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The coincidence time window optimization resulted a plateau of the true coincidence
rate starts between 8 ns and 12 ns (Figure 30), while the random coincidence rate is
reasonably low within this range. The NEC-like measure had a maximum value close to 8 ns
as observed in Figure 30. Therefore, the default z-value was set to 8 ns to keep the
random/true coincidence rate as low as possible near the close-to-optimal true event rate. In
the case of the MiniPET-2 system, the optimal 7-value was found to be 6 ns based on former

measurements [ 14].
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Figure 30. Coincidence Timing Window dependence on Random, True and NEC-like (True’/(True+2*Random)) count
rates for the MiniPET-3.

7.1.3  Spatial Resolution and Sensitivity

Spatial resolution was also measured using the FWHM of the radial, axial and
tangential profiles as a function of radial distance from the axial center for MiniPET-2 and
MiniPET-3 scanners at the "4 offset from the axial center as seen in Figure 31 and 32. These
values were found to be about 17% better, on average, for the MiniPET-3 system compared
to the MiniPET-2. The minimal value of spatial resolution for all three directions (radial,
tangential, axial) is approximately 1.35 mm for the MiniPET-2 at the center, increasing to
2.33 mm at the radial edge.
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Figure 31. Dependence of the FWHM values on the radial distance, at the Y from the axial center for the MiniPET-2

scanner.
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Figure 32. Dependence of the FWHM values on the radial distance, at the Y from the axial center for the MiniPET-3

scanner.

On the other hand, the minimal spatial resolution of the MiniPET-3 was approximately 1.15
mm and increased to 1.87 at the radial edge. The effective transaxial FWHM spatial

resolution proposed by Goertzen et al. [10] was found to be 1.34 mm and 1.25 mm for the

MiniPET-2 and MiniPET-3 scanners, respectively.

TABLE 3. Spatial resolution, sensitivity, image quality and count rate performance results for both
MiniPET systems.

Category MiniPET-2 MiniPET-3
Energy window ) )
(keV) 350-650 360-662
Coincidence time
window (ns) 6.0 8.0
Spatial resolution at %2 CFOV
Tangential (mm) 1.36 1.24
Radial (mm) 1.57 1.15
Axial (mm) 1.83 23
Sensitivity
Peak absolute
sensitivity (%) 1.37 1.36
Total absolute
sensitivity (%) 0.6 0.7
Image Quality
Uniformity (%STD) 5.59 6.49
SOR air 0.15 0.14
SOR water 0.26 0.24
Count Rate Performance
NEC-Peak (rat
phantom) 14 keps (at 36 MBq) 24 keps (at 43 MBq)
NEC-Peak (mouse
phantom) 55 keps (39 MBq) 91 kcps (at 44 MBq)
Scatter Fraction (rat o o
phantom) 17.4% 16.1%
Scatter Fraction 5 6% 4.8%
. . 0

(mouse phantom)

The axial absolute sensitivity profiles were also calculated as recommended in the NEMA
NU 4. These results were similar for both systems. The peak absolute sensitivity and the

total absolute sensitivity (Sa, () data are summarized in Table 2 for both MiniPET scanners.

46



7.1.4 Image Quality, Scatter Fraction and Count Rates
Three different sections of the NU-4 IQ phantom for both MiniPET-systems are

displayed in Figure 33. The fillable rods are shown on the left, the uniform cylinder in the

center, while the water and air chambers on the right.

MiniPET-2

MiniPET-3

Figure 33. The reconstructed images of the NEMA NU 4 Image Quality phantom for the MiniPET-2 and MiniPET-3
scanners.

Note that the smallest rod is more visible in image acquired with the MiniPET-3 compared
to that of the MiniPET-2. The SOR values found to be similar for both systems (~0.15 and
~0.25), while the uniformity was 5.59% in the case of MiniPET-2 and 6.49% in case of
MiniPET-3 (Table 3). RC values showed comparable results for both of the MiniPET
systems, while four rods showed slightly higher values in case of the MiniPET-3.
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Figure 34. The corresponding RC dependences on the rod radius for the both scanners are also displayed(C).
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The count rate performances measured with the larger phantom geometry on the MiniPET-2

and MiniPET-3 scanners are displayed in Figure 35 and 36.
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Figure 35. Count rate performance results measured with the NEMA NU 4 rat phantom for the MiniPET-2.
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Figure 36. Count rate performance results measured with the NEMA NU 4 rat phantom for the MiniPET-3.

Although, we observed that the total count rate performances have a maximum around 50
MBq activity level for both scanners, the maximum accepted NEC count is approximately
twice as high for the MiniPET-3 than for the MiniPET-2 (Figure 37). The NEC rate of the
MiniPET-3 performs higher (better) than for the MiniPET-2, while the scatter fraction is
slightly lower for the MiniPET-3 for both of the phantoms (Table 3).
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Figure 37. NEC Count rate performance results measured with the NEMA NU 4 rat phantom for the MiniPET-2 and
MiniPET-3 scanners.

7.1.5 Small Animal Imaging Results

Axial, sagittal and coronal heart images of two different rats acquired on the MiniPET-2
(left) and MiniPET-3 (right) are displayed in Figure 33. The resolution and sensitivity of
both scanners offers appropriate imaging conditions even to see the heart cavities. The rat

studies revealed that the MiniPET-3 using SiPM photo-detectors offer comparable imaging

\

capabilities than that of the conventional MiniPET-2 using PMTs.
MiniPET-2 MiniPET-3

Figure 38. Heart images of two different rats acquired on the MiniPET-2 (left) and MiniPET-3 (right) systems. Axial (a),
sagittal (b) and coronal (c) view images are displayed.

7.2 Human brain PET scanner simulation based on MiniPET concepts

7.2.1 Position maps and energy resolution

Representative position maps of the 21 x 21 detector matrix and the related profiles
drawn on an arbitrary pixel rows are displayed in Figure 39. It can be seen that the
peak/valley ratio is between five and ten, which is close to the MiniPET3 corresponding
values. The average energy resolution of the system is 26 + 12%, which is less than the

measured value (Figure 40).
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Figure 39. Simulated position map of a single detector module from the human brain PET scanner geometry (left) and a
related line profile (vight).
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Figure 40. The relating energy distribution for a representative detector module of the simulated human brain PET
scanner.

7.2.2  System count rate and sensitivity
Table 4. below displays the 1, Nwe parameters of the two simulated scanners and the
MiniPET-3 camera (measured data). The table also shows the peak parameters of the

estimated NEC curves. We found that the resulted scatter fraction was 27% for all geometry.

Table 4. Simulated human system count rate values compared that of the MiniPET geometry

Scanner geometry Ns Nitrue NEC peak

smallFOV simulation 0.080 0.0014 37kcps (at 135 MBq)
largeFOV simulation 0.287 0.021 150kcps (at 38 MBQq)
MiniPET-3 measured data 0.19 0.002 24 kcps (at 43 MBq)

The estimated count rate curves for the smallFOV and largeFOV simulations are shown in

Figure 41 (Panels a and b). It can be observe that in the case of the extended axial field of
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view the count rate saturation occurs at lower phantom activity but the maximal count is

higher than the smallFOV simulation. In addition the random rate is higher at the largeFOV

simulation.
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Figure 41. The estimated count rate curves for the small FOV geometry (Panel a) and large FOV geometry (Panel b)
simulation.

We can conclude that if the physical radius of the MiniPET-3 is increased and larger
scintillator crystals are used, the NEC parameters (peak count and activity) can be improved.
Nevertheless, the sensitivity for the coincidence events of the system is reduced by 30%.
Furthermore, the largeFFOV simulation proves that the currently developed SiPM electronics
and detector modules cannot process the increased amount data. Our calculation included
one detector ring and only the number of crystals was increased (~4x axial degree of

MiniPET-3) while the data processing was performed only in one module (electronic).
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Figure 42. Axial sensitivity profile of the GATE simulated human brain PET scanner using the largeFOV geometry.

The system axial absolute sensitivity profile was calculated, as it is required in the NEMA

NU 4. The axial sensitivity profile for the human brain PET camera with the largeFOV
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geometry is displayed in Figure 42. The central sensitivity is ~14%, which is definitely
higher than the MiniPET-3 corresponding value, and very close to the theoretical 17.9%.

7.3  Whole body PET image SNR optimization using variable acquisition

times

7.3.1 Simulations
The (SD/Mean)” plotted against the average central sonogram ACFs are displayed in

Figure 43. The plot includes data for the circular simulations (green circles) and ellipse

simulations (orange diamonds).

0025 ——
[ o ]
0.020 | A
L 0“0
N L 'S i
= 0.015 | o ]
© i
[
E I ‘@*l‘)
[ . _
80.010_- ‘o, ]
o®
0.005 |- 0® i
r OOo i
[ &
0000 L . . oo
0 10 20 30 40 50
Average ACF

Figure 43. The square of the image noise plotted against the central average AC factors from the different diameter

circular (green circles) and ellipse (orange diamonds) cylinder simulations.

Figure 44 indicates the results of the patient outline shape simulations where each marker
refers to a subject of different weight categories (indicated with the different symbols as
well: blue diamonds: 54.5kg, green circles: 72.6 kg, red circles: 95.3 kg, purple diamonds:
108.4 kg). A definite correlation can be recognized between image noise and the average
AC factors regardless to the shape of the activity distribution. Figure 45 shows data from 4
simulations, based on patient CT images. Each colored marker indicates subjects with
different weights (54.5-108.4 kg) in the same manner as on Figure 44. The data was fitted to
a polynomial function, as indicated with a red line on Figure 45. The main difference
between Figure 44 and 45 appears in the generating process of the images. The data
presented on Figure 44 comes from homogenous activity distribution applied in-between the
outline of the patients that came from CT scans (and therefore the attenuation correction
factors also came from homogenous linear attenuation coefficient (p-value) distributions.

However, on Figure 45 we may see data from activity distributions applied on only the soft
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tissue of the patients from segmentation of CT images (and p-values were determined from

the actual CT scans with the bilinear scaling method).
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Figure 44. The square of the image noise plotted against the central average AC factors from the patient outline shape
simulations where homogenous activity concentration was applied inside the outline of the patients determined from real

CT images (subjects of 4 different weight category indicated with different colored symbols).
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Figure 45. Simulation results for 4 different subjects resulted in a strong correlation between the square of the image noise
(SD/Mean) and the AC factors. The data were fit to a polynomial function, as indicated with a red line in the figure. Each

colored symbol refers to a different patient.
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Figure 5 shows the image noise SD/Mean without equalization (orange circles) for a CT
scan based simulation of a 73 kg patient. As expected, the noise level is the lowest in the
head and neck region (slices 1-40) and highest in the abdomen (slices 175-235), where the
attenuation is higher.
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Figure 46. CT scan based simulation results for a 73 kg patient with (SD/Mean) values for slices from the mid-brain to the
upper thighs. The orange circles indicate (SD/Mean) values if the same acquisition time was used for each slices. Results
from the equalization method with use of equation (1) are shown with blue circles. Green diamonds indicate results when
the correlation between (SD/Mean)’ and the central AC factors from Figure 4 was used instead with equation (1) for the

noise equalization method.

Using Equation 21 and the measured noise from the reconstructed noise replicates, the
relative acquisition time (in form of the applied activity level on the image pixels) was
adjusted. The resulting SD/Mean levels are shown as the blue circles in Figure 46. The
green diamonds on the same figure refer to the resulting SD/Mean in case of using the
correlation between the (SD/Mean)” and the average AC factors (the curve fit in Figure 45)
and Equation 21. Both curves show a more uniform SD/Mean along the axial direction than
the noise pattern resulted from the conventional method with no time adjustment (orange
circles). The good agreement between the two equalized curves suggests that the Average
ACF can be used to estimate the resulting image noise, at least in the case of a uniform
activity distribution. The relatively flat noise pattern also indicates that this correlation can
be used to adjust the acquisition time to equalize the image noise axially, in this simplified

casec.

7.3.2  Phantom and Patient Scans

The topogram in Figure 25 shows the positioning of the three different cylinders, the NEMA

Image Quality phantom and the Anthropomorphic phantom in the scanner. (SD/Mean)” at
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different positions within each phantom were derived from ROI analysis and are shown (in
correlation with the AC factors generated from CT images of the scanner) as the orange

diamonds in Figure 47.
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Figure 47. ROI analysis results (orange diamonds) from the Phantom measurement of different diameter cylinders, a
NEMA 1Q phantom and an Anthropomorphic phantom. Good correlation can be observed between the central AC factors
and the (SD/Mean)’ values and fitted with a polynomial function (red line curve).

The data were fit to a 2" degree polynomial function, as shown in Figure 6 (red line curve).
The SD/Mean for each phantom in case when the acquisition times are kept constant are
shown in Figure 48 (orange diamonds). Using Equation 21 along with the measured
correlation between (SD/Mean)” and the average ACFs (shown on Figure 47), the
acquisition times that would yield a uniform image noise were calculated. Regarding the
difference in fit parameters of the simulation (Figures 43 and 45) and the measured data
(Figure 47) it should be mentioned that for the measured data we used the clinical
reconstruction algorithm and parameters. For the initial simulation work we used different
parameters.  This should not make a significant difference, as long as the same
reconstruction parameters are used as for the fit generation. To generate shorter/longer scan
times, a smaller/larger fraction of prompt- and random counts were used in each bootstrap
replicate. The resulting image noise curve is shown as the green circles in Figure 7,

indicating equalized noise levels for the phantoms with different diameters.
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Figure 48. SD/Mean values from ROI analysis for the Phantom Measurement, when the acquisition time for each bed
position was kept fixed (gray diamonds). The black circles indicate results for the same phantom measurement, when the
measured counts were adjusted to result equalized image noise. The correlation shown on Figure 6 between (SD/Mean)’
and the central AC factors and equation (1) were used for the equalization method.
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Figure 49. Mean, Standard Deviation and SD/Mean images from an FDG whole body PET scan. The top row shows
images with constant acquisition time in each bed position, the bottom row indicates images when the prompt and random
counts were reduced or increased according to the correlation from Figure 47. No significant differences can be observed
between the Mean images. SD/Mean is lower in the abdomen and higher in the thorax if the acquisition modulation is used
instead of the conventional method.

The top row of images in Figure 49 shows the resulting (from left to right) Mean, SD and
SD/Mean images from a whole body FDG PET scan, where the acquisition time at each bed
position was 120s. The lower row of images shows the corresponding images where the
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acquisition time was adjusted according to the correlation between the Average ACF and
(SD/Mean)’. Although the Mean images do not show any appreciable difference, there are
some visible differences in the SD/Mean images. Along the central axis the noise appears to
be slightly more uniform. The image noise in the abdomen is reduced (yellow arrow) due to
the longer acquisition time. Similarly, the image noise is higher in the lungs (blue arrow)

due to the shortened acquisition time in this region.
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8. Discussion

There have been many successful attempts for merging MRI systems with PET
systems in recent years [57]-[60]. Some have reported on the performance parameters of
SiPM-based full ring preclinical PET scanners or MRI inserts [58], [59], [74], [75].
However, only some of the NEMA NU 4 measurement protocols have been carried out on
these systems. For a comprehensive comparison between a SiPM-based preclinical PET
system and a conventional PMT-based system we performed all the necessary
measurements recommended by the NEMA NU 4 standard on both MiniPET scanners.
Comparison was facilitated by the fact that the SiPM-based MiniPET-3 and the PMT-based
MiniPET-2 share nearly identical scintillation crystal geometry. Dark noise problems can be
minimized if each SiPM matrix element has an individual signal-processing channel [58]-
[60] but this solution would need a tremendous number of electronic channels. To reduce
the number of channels, a special readout arrangement was developed in row-column
manner for the SiPM matrix. In addition, appropriate weighting circuits were directly
connected to the row and column outputs, allowing the 81 SiPM signals to be decoded into
four outputs. From the flood-field images one can conclude that the MiniPET-3 performs
about 1.5 times better in terms of peak-to-valley ratios compared to the MiniPET-2. In
addition, discrepancies in light sharing for the two photo-detectors may explain the
performance differences in spatial resolution between the two systems. Moreover, the
MiniPET-3 exhibits superior axial, radial, and tangential spatial resolutions. This
improvement is even more pronounced as the source is moved towards the radial edges. The
overall axial system sensitivity shows similar characteristics between the systems as
expected from the nearly identical scintillation crystal material and geometry. The image
quality study is currently used as the gold standard for determining imaging characteristics
of many preclinical PET systems [10], [12], [14], [71], [76], and showed similar results in
terms of RC and SOR values for both MiniPET scanners. Better spatial resolution results in
noisier images for the same number of counts, which explains the worse uniformity for the
MiniPET-3 system. The NEC count rate peak values occur at similar activity levels, around
50 MBq for both scanners, however, these values are lower for the MiniPET-2. This is
primarily because of the significantly higher dead time factor for the MiniPET-2 (680 ns)
versus the MiniPET-3 (250 ns). The inferior dead time of the MiniPET-2 is a result of
differences of the front-end electronics in the pulse shaping of the front-end preamplifiers as
well as digital processing of each signal. The calculated scatter fractions from both the rat-

sized and mouse-sized phantom experiments show comparable results, while the MiniPET-3

58



performs slightly better and that correlates with the somewhat better SOR values (Table 3).
This seems to contradict the fact that the energy resolutions for the two systems are not the
same. Indeed, the average energy resolution is about 32% (instead of 20%) for the SiPM-
based system, 60% worse compared to the PMT-based system. One reason for this
discrepancy is that, the calculated SF defined by the NEMA NU 4 protocol does not
represent all the scattered events. In fact, it only includes only the photons scattered in the
body. In addition, for preclinical PET scanners the number of scatters is definitely higher in
the scintillation crystal than in the tissue (about 50% vs 10%) [43], thus the energy blurring
has even less effect. A second explanation for the surprising scatter fraction results is that,
no significant correlation could be found between the SF and the energy resolution in case
of other preclinical systems [10]. The main disadvantage of the MiniPET-3 compared to the
MiniPET-2 is the known dependence on ambient temperature of the semiconductor-based
detectors [77], [78]. A limitation of this study is that we did not take into account the
performance of the scanners in high magnetic fields. However, other research groups have
proved the stability and proper performance of SiPMs in MRI systems already [74], [75].
Although both MiniPET systems have a relatively small FOV compared to other preclinical
PET scanners [10], [11], [71], the main goal of this study was to compare SiPM with PMT
technology while scanner scintillation crystal geometries, system matrices, slice rebinning
algorithms, and even image reconstructions are kept identical.

Besides the performance and image quality comparison of the PMT and SiPM based
preclinical PET systems, the possibility of a human brain scanner was proposed using the
findings of the MiniPET concepts. There have been some limitations of these simulations as
follows: the planned simulation to estimate the brain PET spatial resolution, which has not
been finished, because of the unexpected computing task. The SiPM based simulation would
require the inclusion of the optical photon process to the simulation chain, which
dramatically increased the necessary calculation time in the GATE environment of the full
ring detector system. If we wanted to use a point source with an activity of 1 MBq for a 1
sec acquisition to the above human PET system, the necessary calculation time is about 0.2
sec without simulating the optical photon process. If we apply the optical photon simulation
for the same simulation case, the necessary time will be approximately 200 days. Currently
we can use ~100 threads from the HPC which could be 1560 maximum. This is a factor of ~
10 thus the minimum time to perform the simulation task is about 200/10 = 20 days. To
simulate a more complex phantom geometry such as the NEMA IQ phantom building up
with at least 10000 point source, the necessary calculation would take at least 100 years.

Acquisition time plays an important role in producing PET images of high diagnostic

quality. Conventional scanning protocols use adjustment of the total scan time according to
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patient weight or body-mass-index (BMI) for this purpose. However, optimization for
regional image noise of a single scan is not yet taken into account. We have shown in
phantoms and in a patient scan that a more uniform noise pattern can be achieved by varying
the scan time. Although varying the scan time did not produce an appreciable change in
image quality for the patient study, the proposed technique may improve visualization of
low activity lesions particularly in sections of the body with high absorption. In this work
we focused only on the reliability of the main concept of axial noise equalization and
present few patient data. For clinical validation a more comprehensive study should be
performed including numerous patient data and probably additional computer simulations.
Regional image noise can be made more uniform by adjusting the acquisition time at each
bed position instead of using a fixed scan time. The acquisition time can be reduced in areas
of lower attenuation (such as head, neck or thorax) and increased in more absorbing sections
of the body (abdomen). The adjustment should be in inverse proportion to the square of the
image noise. We have shown that there is a correlation between image noise (for uniform
activity distributions) and the AC factors (derived from a CT scan). Using this relationship,
the relative acquisition times can be quickly estimated routinely in the following manner. As
a first step a bed position average of the ACF values shall be calculated, then the appropriate
(SD/Mean)’ determined using Figure 47. From the estimated noise levels at each bed
position the time adjustment can be calculated with Equations 21 and 22. These
relationships are partly based on the assumption of Poisson statistics of the reconstructed
image. The presumed Poisson noise is obviously valid in the projection data, but this may
not be correct in the reconstructed image due to the applied iterative reconstruction
algorithms (such as OSEM) and the lower count rate statistics in the case of higher
attenuating regions of the patients. This effect can be observed as higher deviations at ACF
values larger than 30 in Figure 44 and 45, however, the overall impact of the method seems
to be reliable. The axial noise equalization of our method works properly as can be seen on
Figures 46 and 48. In addition, there is a potential drawback of this approach in areas where
there might be a rapid change in attenuation axially (head and neck region), where
acquisition time might be underestimated because the bed position average ACF will be too
low. A refinement of the algorithm should probably include a check where the ACFs vary
rapidly axially to ensure that risk for this is reduced. On the other hand, if continuous bed
motion becomes widely available for human Whole Body PET scanners instead of the
conventional fixed step bed motion, our method might work properly since the noise levels
can be estimated with this new technique in each axial image planes that covers most or all
of the body of the patient. For clinical practice reasons we chose the reference value in

Equation 22 to result no differences in the total scan time between the new and the
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conventional method. However, there are alternative approaches using Equation 21 selecting
other reference values. For example, if the lowest SD/Mean value is selected the image
noise in the higher absorbing regions will be decreased, although, the total acquisition time
would be dramatically extended in this case. A limitation of this work is that we have only
considered the time adjustment based only on the average central AC factors which is a
simplification. Alternate methods could be applied such as using the prompt, random and
single count rates of the actual bed position from a short, previous PET scan. In addition, we
used uniform activity distributions to determine the correlation between the AC factors and
image noise. Nevertheless, non-uniform activity distributions (such as in the clinical case)
may lead to weaker correlation between the image noise and the average ACF in our
method. Therefore, a more refined algorithm should also take into account the activity

uptake and distribution.
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9. Summary

Positron Emission Tomography is a very sensitive imaging method that reached
worldwide use both in clinical hybrid techniques (combined with CT or MRI) or preclinical
applications. New semiconductor photo-detector technologies (i.e. SiPM) play an important
role in hybrid imaging and the improvement of image SNR. A preclinical PET system, the
MiniPET-3 uses state-of-the-art SiPM photosensors was constructed in our institutions. We
compared the MiniPET-3 with the MiniPET-2, a system with the same crystal geometry but
conventional PMTs. The standard measurements proposed by the NEMA NU 4 protocols
were performed on both systems. Spatial resolution was approximately 17% better on
average for the MiniPET-3 than the MiniPET-2. The systems performed similarly in terms
of peak absolute sensitivity (~1.37%), SOR for air (~0.15), SOR for water (~0.25), and RC

(~0.33,0.59,0.81,0.89, and 0.94). Uniformity was 5.59% for the MiniPET-2 and 6.49% for

the MiniPET-3. The peak noise-equivalent counting rate was 14 kcps on the MiniPET-2 but
24 kcps on the MiniPET-3 using the larger phantom geometry. The optimal coincidence
time window was 6 ns for the MiniPET-2 and 8 ns for the MiniPET-3. Based on these
results we can conclude that the MRI-compatible SiPM-based MiniPET-3 scanner shows
comparable results with the conventional technology producing images of high quality for
small animal imaging. In addition, we performed computer simulation of a human brain
PET based on the MiniPET concept scanner and determined position maps, energy
resolution, system sensitivity and count rate performances.

We investigated the possibility of varying the acquisition time at different sections of
the body such that the image SNR is kept relatively constant for all slices. To estimate the
acquisition times for the different sections of the body we propose to use the AC sinogram
generated from the CT scan that is acquired prior to the PET scan. Both simulations and
phantom measurements of different diameter cylinders with activity distributions were
performed. The image noise was estimated in every pixel from multiple replicate image sets.
A simple polynomial function was found for both the simulations and the phantom
measurement images to accurately describe the image noise as a function of AC factors. The
findings of this work indicate that regional image SNR of human Whole Body PET scans
can be made more uniform axially by adjusting the acquisition time per bed position
according to the amount of attenuation. Instead of using a fixed scan time for each bed
position, the acquisition can be extended in areas of high absorption and shortened in less
absorbing sections of the body. The relative acquisition times can be quickly calculated

using a simple functional relationship between image SNR and the AC factors.
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